1. Introduction
Definition and classification of biodegradable metals
The traditional paradigm of metallic biomaterials requires metals with improved corrosion resistance in the body. A new class of biodegradable materials -so called ''biodegradable metals'' (BMs) -has been breaking this paradigm recently, emerging as an alternative for biomedical implants.
The definition of BMs can be given as follows: BMs are metals expected to corrode gradually in vivo, with an appropriate host response elicited by released corrosion products, then dissolve completely upon fulfilling the mission to assist with tissue healing with no implant residues. Therefore, the major component of BM should be essential metallic elements that can be metabolized by the human body, and demonstrate appropriate degradation rates and modes in the human body.
From the point of view of the materials science, BM can be classified as follows:
''Pure metals'' (BM-PM)
This category includes the metals mainly composed of one metallic element, with impurity levels lower than the commercial tolerance limits. The corrosion rates of biodegradable metals in this category are mainly driven by the included trace of impurities.
''Biodegradable alloys'' (BM-BA)
This category encompasses biodegradable metals with various microstructures and one or more alloying elements. Given the concerns for bio-safety of the corrosion products, the alloying elements and their quantities should be controlled without causing adverse pathophysiological and toxicological effects. BM-BA also encompasses biodegradable metallic glasses and biodegradable single crystal metals, which exhibit glassy or single crystal states, respectively, and intend to readily corrode in the human body.
''Biodegradable metal matrix composites'' (BM-MC)
This category requires that all components within the composites are biodegradable with the major component being a biodegradable metal. Fundamentally, the bottom line is that the materials are non-toxic to the body.
When metals react with body fluid, they give away electrons and form positive ions. In electrochemistry, the values of standard electrode potential provide a way to compare the relative ease of different metal elements to lose electrons to form ions in solutions. For some metals, they have a much greater tendency to form their ions than hydrogen does; an element is more ready to lose electrons and forms ions, the more negative its standard electrode potential value is. In other words, the more negative the standard electrode potential value is, then the more readily the metal degrades in an aqueous solution. The [1, 2] . Among these metals, magnesium (Mg) and iron (Fe) based alloys have been extensively studied in recent years, and Li, Ca, Sr, Mn, Zn and Sn have been added into Mg or Fe to form various alloys.
Development of biodegradable metals
The earliest recorded use of Fe to repair the human body was a Fe dental implant. It was properly integrated into bone found in Europe that dated back to 200 A.D. [3, 4] . Hieronymus Fabricius used Fe wires as sutures in the 17th century [4] . In 1775, Fe wires were used for fracture fixations, though concomitant infections were observed [5] . In 1906, Lambotte used Fe plates and screws for fracture fixation in a 17-year-old, but this treatment was a clinical failure due to loosely attached fractured ends four months after surgery [6, 7] . Zierold [3, 7] reported a study on bone tissue reaction to various metals in 1924 and found that Fe exhibited fast corrosion leading to the resorption of adjacent bone and that Mg and zinc (Zn) discolored the surrounding tissue.
In contrast to the sparse investigations of Fe and its alloys, surgeons have explored Mg and its alloys for numerous clinical applications, including the cardiovascular, musculoskeletal and general surgery, for nearly 100 years [7] . The investigation of Mg for clinical use started approximately in 1878 by Edward Huse [7, 8] , who successfully utilized a pure Mg wire ligature to stop hemorrhaging blood vessels. Several designs of Mg implants, including tubes, plates, sheets, and woven wires, had been developed as sutures or intestine, vessel, and nerve connectors in cardiovascular and other general surgeries [7] . In 1900, Payr introduced the use of tubular Mg connectors for the anastomosis of vessels [9, 10] . The connection between the arterial and venous blood vessel ends solidified after eight days of implantation, with a severely thickened intima layer at the anastomosis and returned to normal thickness thereafter. Only the Mg tubes that were placed intravascularly caused thrombotic blood clotting at the end of the tubes, but no thrombosis was observed when the Mg tubes were placed extravascularly [7] . The Mg connectors were also successfully used for intestinal and nerve anastomosis in several animal trials as well as in humans [7, [9] [10] [11] . During this same period, Payer also successfully used Mg sheets and plates to suture wellvascularized parenchymatous organs such as the liver and spleen in humans [7, 9, 10] .
Given the blood clotting effect observed in animal trials and humans [9, 10] , efforts were made to treat aneurysms by inserting Mg arrows or wires in haemangiomas to enhance blood clotting from the mechanical destruction of the endothelium and the septa of the tumor, which leads to early transformation of a haemangioma into a fibrous granulation tissue [12] [13] [14] . Since no gas embolization was observed in patients [12, 13] , Mg implants were used in this clinical application by Payr [13, 15] , Sonntag [16] , Glass [17] and Wilflingseder [18] for various types of haemangioma treatments.
For musculoskeletal applications, Mg implants, including fixation pins, nails, screws, wires (cerclage), pegs, cramps, sheets and plates, were developed for bone fracture treatments in several animal trials and in humans [7] . In 1907, Lambotte [6] used a Fe wire cerclage and an Mg plate with six steel screws to stabilize the fracture of the lower leg. Extensive subcutaneous gas cavities, local swelling and pain were observed one day post-surgery [6] , which were caused by the fast corrosion of Mg due to the electrochemical reaction between Mg and Fe. Lambotte learned that to prevent galvanic corrosion of the Mg it should not be implanted with other metals. With such knowledge in mind, he started his investigation for Mg with his assistant Verbrugge [7] . In total, they reported 25 clinical cases using Mg and its alloys (Dow metal AZ63 and Electron Mg-8 wt.% Al) for fracture treatments in the next several years [6, [19] [20] [21] . In these cases, the total resorption of Mg was observed over a period, ranging from three weeks to one year depending on the implant dimension and size and the site of implantation in the body. In the case of fast Mg dissolution within three weeks, an Mg plate and screw fixations were used and the bone fracture line was no longer visible after three weeks [19] . In addition to fast implant corrosion, patients reported a temporary numb feeling at the implantation site during Mg degradation, while no signs of infection or adverse reactions of skin, soft tissue, bone and joints were observed [19, 21] . McBride reported that Mg could stimulate the early proliferation of connective tissues and overproduction of calluses, which were not firm during the early healing stage [22] . In 1940, Maier [23] used pins made of spindle-shaped Mg sheets in a humerus fracture, and the patient demonstrated positive functional results in the following 14 years. Troitskii and Tsitrin reported on 34 cases of pseudarthrosis treated with Mg-Cd alloy plates and screws, which were absorbed completely and stimulated callus bone formations [24] .
Although the investigations revealed obvious advantages of Mg alloys, they were abandoned at the time due to their undesirable degradation in addition to the boom of inert stainless steel [7] . In recent times, as Mg alloy technology advances, both the mechanical and corrosion properties have been improved. The idea of degradable metals has been rediscovered and has attracted greater attention for temporary implant materials. Therefore, several key issues for BMs, have been widely investigated over the last decade, including the selection of alloying elements, adjustment for microstructural and mechanical properties, biodegradation mechanisms and their influencing factors, control of degradation rates and ion release behavior, and in vitro and in vivo biocompatibilities of BMs.
Degradation mechanism and its influencing factors 1.3.1. Generalized degradation mechanism
The typical mode of degradation in BMs is through a corrosion process. The corrosion generally proceeds by an electrochemical reaction with electrolyte to produce oxides, hydroxides, hydrogen gas, or other compounds. In the nearly neutral physiological environment, the corrosion reactions involve the following anodic dissolution of the metal and the reduction reaction (cathodic reaction):
M nþ þ nOH À ! MðOHÞ n ðproduct formationÞ (4) Fig. 1 illustrates the degradation mechanism of the BM in a physiological environment. Immediately after contacting the body fluid, the BM is oxidized into metal cations following the anodic reaction (Eq. (1)). The generated electrons are consumed by a cathodic reaction corresponding to the water reduction (Eq. (2)) for Mg-based BMs and the dissolved oxygen reduction (Eq. (3)) for Febased BMs. These reactions occur arbitrarily over the entire surface where a galvanic coupling forms due to different potentials between the metal matrix and intermetallic phase, or grain boundary, as shown in Fig. 1(a) . Simultaneously, the organic molecules, such as proteins, amino acids and lipids, will adsorb over the metal surface, thereby influencing the dissolution of BM ( Fig. 1(a) and (b) ). The M(OH) n corrosion product layer is expected to form on the metal surface (Eq. (4)). However, the physiological environment is highly aggressive, especially due to the high concentration of chloride ions, which is normally fatal to the metallic hydroxide protective layer. Chloride adsorption causes the breakdown of the M(OH) n protective layer and leads to pitting corrosion ( Fig. 1(c) ). Generally, the corrosion of Fe-based BMs in pits is self-catalysis since the chloride ions tend to accumulate in pits and the pH of the solutions decreases in aqueous solutions [25] . The corrosion caused no alkalinization to Hank's solution [26] whereas the deep undermining of corrosion pits in Mg-based BMs rarely occurs given the fast localized alkalization and the repassivation of the M(OH) n layer. As the degradation proceeds, calcium phosphate based apatite deposits onto the undissolved M(OH) n layer due to the localized alkalization and the saturation of calcium and phosphate in the body fluid. Cells are also observed to adhere on the surface. With progressing implantation time, the adhered cells proliferate to form tissues adjacent to the corrosion product layer. Meanwhile, eroded BM may disintegrate from the whole BM matrix as irregular particles and fall into surrounding media. Such phenomenon is often observed on Mgbased BMs but rarely seen on Fe-based BMs. Depending on the particle size, the fibrous tissue or macrophages might enclose these particle, which may be further degraded until the metallic phase is completely exhausted (Fig. 1(d) ).
Environmental Factors influencing the biodegradation behavior
1.3.2.1. Inorganic ions. The inorganic ions in physiological solutions usually influence the degradation of BM mainly in the following two manners: (i) the presence of Cl À , one of the most abundant ions in physiological environment, is aggressive to the BMs by breaking down the passive film of corrosion products on the surface and leading to pitting corrosion [1, 27] . The corrosion rates of Mg and Fe increase with increasing Cl À concentrations up to $3 wt.% NaCl [1, 28] . SO 4 2À anion is also harmful to BMs, resulting in the degradation of the materials in a similar mechanism as caused by Cl À ions [1] .
(ii) The presence of HPO 4 2À /PO 4 3À , HCO 3 À /CO 3 2À anions and Ca 2+ cations help to passivate Mg and Fe because they retard corrosion and form pits due to the precipitation of phosphate and carbonate salts [1, 27, 29, 30] . For example, Xin et al. [27] ascribed the retarded corrosion rate to the multiple protection effects offered by magnesium phosphate and carbonate.
Buffering system.
The buffering system is widely used to regulate the pH value of the simulated physiological solutions to the near-neutral condition. The commonly used buffering agents in simulated body fluids include Hepes, Tris-HCl and HCO 3 À /CO 2 , all of which significantly affect the degradation of Mg-based BMs [31] . The first two agents control the pH value by consuming the generated OH À ions and they influence the corrosion product formation, which in turn accelerates the Mg dissolution, as shown in Eq. (4) . HCO 3 À /CO 2 , the most important buffering system in the human body ($27 mM), is not only capable of consuming the OH À ions but also induces the precipitation of MgCO 3 that contributes to corrosion protection [31, 32] . In contrast, the corrosion of Fe is insensitive to the pH value in the range of 4-10 in aerated water at room temperature [1] , thus the buffering system will not be a concern for the biodegradation of Fe.
1.3.2.3. Organic molecules. For Mg-based BMs, many investigations confirmed that the delayed corrosion was due to the adsorption of proteins on the metal surface [29, [32] [33] [34] . Yet the blocking effect of the adsorbed protein layer only matters in the initial degradation stage and weakens dramatically with an elongated immersion period [31, 33] . In contrast, protein adsorption accelerates the corrosion of Fe-based BMs, as evidenced by the increased metal dissolution [35] and thicker carbon-rich films [36] . Omanovic et al. [37] and Tang et al. [38] found that the presence of bovine serum albumin (BSA) decreased the corrosion potential and enhanced the anodic dissolution of 304 and 316L stainless steels (SS). The adsorbed proteins such as albumin, serum, globulin, transferrin, and fibrinogen enhance the dissolution of pure iron (99.9 wt.%), 304 and 316L SS [35, 38] .
Amino acid is found to reduce the barrier effect of the insoluble salt layer against dissolution of Mg [29] and influencing Fe corrosion by inhibiting the iron phosphate formation [39] .
Dissolved oxygen.
According to electrochemical reactions in Eqs. (1) and (2), Mg-based BMs produce magnesium hydroxide and hydrogen gas and are thus relatively insensitive to oxygen concentration in the electrolyte. In contrast, dissolved oxygen is necessary for appreciable corrosion of Fe in near-neutral electrolytes (see Eq. (3)) [1] . It is indicated that the corrosion rate of mild steel is proportional to the dissolved oxygen concentration ranging 0-10 ppm at room temperature while increased oxygen concentration (10-25 ppm) leads to a reduced corrosion rate [1] .
1.3.2.5. Stress. High strength is one of the most attractive properties for medical use of BMs in comparison with biodegradable polymers, which makes them promising for load-bearing applications. Many medical devices fabricated with BMs would work under complex stress environments in vivo, depending on the anatomical sites being implanted, and are expected to bear the combination of different kinds of mechanical loads, including tension, compression, and fluid shear stress, etc.
Altered degradation behaviors induced by tension and compression are observed for both Mg-and Fe-based BMs. For example, Gu et al. [40] reported the dramatically increased corrosion rate of as-cast AZ91D and as-extruded WE43 alloy under cyclic tension and compression loads far below the yield tensile stress. The corrosion rates of these two Mg-based BMs increased more than 10 times with an increasing applied load than that of unstressed ones. For Fe alloys, Bundy et al. [41, 42] indicated that a plastically deformed 316L SS showed more than one order of magnitude higher corrosion current density than the samples stressed to the yield stress or non-loaded controls.
The flow of the electrolyte also has a significant effect on the corrosion of BM. For Mg-based BMs, the flow may produce fluid shear stress and influence the deposition of corrosion product layer or, on the other hand, take away the locally generated OH À ions, thus affecting the corrosion behavior. For instance, Lé vesque et al. [43] indicated that the relatively low shear stress (0.88 and 4.4 Pa) slowed down the corrosion of AM60B compared to the corrosion in static Hank's solution while higher shear stress (8.8 Pa) accelerated the corrosion. Chen et al. [44] reported enhanced corrosion of MgZn alloys in m-SBF at a shear stress of 0.68 Pa. For Fe-based BMs, the blood flow brings the oxygen onto the metal surface and accelerates the corrosion rates. The corrosion of steel increased with the velocity of seawater ranging 0-7 m/s [1] . Additionally, the fluid shear stress may also be responsible for the accelerated corrosion without the influence of oxygen. Liu et al. [45] investigated the degradation of eight types of Fe-based BMs, including pure Fe, Fe-Mn, Fe-Co, Fe-Al, Fe-W, Fe-B, Fe-C, and Fe-S, in the circulating Hank's solution of dynamically applied 0.68 Pa of wall shear stress and dissolved oxygen concentration in the controlled range of 2.8-3.2 mg/l. The results revealed that these Fe-based BMs exhibited higher degradation rates than those immersed stilly in Hank's solution [45] .
Degeneration of mechanical integrity with time
Adequate strength of the BM implants is desirable during healing and is critical for postoperative rehabilitation. As the degradation proceeds, the degeneration of mechanical integrity of BM can be expected. For instance, an initially fast reduction of bending strength and a slower reduction afterwards have been observed for Mg-based BMs [46, 47] . The applied mechanical loads may accelerate this process due to the dual effect of corrosion and stress and lead to implants cracking (i.e. stress corrosion cracking (SCC) and corrosion fatigue). Mg-based BMs demonstrated a high susceptibility to SCC in SBF, as evidenced by the decreased tensile strength and time to fracture in slow strain rate test (SSRT) [48] [49] [50] . The reduction ratio of the strength was strongly influenced by the geometry of the tested samples [50] . Gu et al. [40] indicated that the as-cast AZ91D and extruded WE43 alloys exhibited over 50% loss of the fatigue limit in SBF at 37 8C in comparison with that in air. Although there was no report on the degeneration of mechanical integrity of Fe-based BM in physiological environments, the susceptibility of SCC and the degeneration of fatigue strength for the stainless steel in physiological solutions could be referenced [51] .
Considerations on the biosafety of degradation products
The corrosion products generated by the gradually degraded BM implants may disturb the local physiological equilibrium at the implantation site. The bio-safety of each kind of degradation products has to be evaluated in the long-term. As shown from Eqs. (1) to (4), the degradation of BMs will give rise to metal cations, chemical reaction products (including the oxides, hydroxides, phosphates, and carbonates, etc.), change in local pH value, and hydrogen gas. Only below a certain concentration, these components (metal cations, hydrogen gas and hydroxyl ions) are tolerable and cause no harm to the host [52] [53] [54] [55] . For example, high amounts of hydrogen gas generated per time interval can produce gas cavities, which are usually observed in the tissue around the implant, and can gradually diffuse into extracellular mediums that are constantly circulating depending on the local blood flow [53] . However, the gas cavities were not observed for most of the coated Mg-based BMs, which exhibit a slower initial degradation rate compared to the bare samples. The pathophysiology and toxicology of different metal cations will be later discussed in Section 2.
The precipitates of the solid metal salts produced by chemical reactions generally show relatively low solubility in aqueous solutions, which are difficult to eliminate from the human body. Table 1 summarizes the solubility values of the precipitates, reported as the corrosion products of BMs [27, [56] [57] [58] . It can be seen that Mg(OH) 2 , the most common product of Mg-based BMs, displays moderate solubility and is found to slowly dissolve or react with chloride ions to become soluble MgCl 2 . Janning et al. [59] reported the slow dissolution of a pure Mg(OH) 2 [3, 60] . According to the work of Zhang et al. [26] , some plate-like crystals and floc were observed on the surface of pure iron after immersion in Hank's solution for four weeks. Combined with the XRD and XPS result, it was found that the plate-like crystals were mainly composed of Ca 3 (PO 4 ) 2 The detached particles from the BM matrix may include pure metal/alloy matrix particles and intermetallic phases. Theoretically, a pure metal/alloy particle could continue degrading and even show a faster degradation rate since it has a higher specific surface area. However, the degradability and the biocompatibility of the intermetallic phase particle still need further examination with a long-term study. This point should be considered for the future material design of the BM.
1.6. Analytical methods of the degradation rate in vivo and in vitro 1.6.1. Analytical methods of the degradation rate in vitro
The in vitro degradation/corrosion tests are simple and useful to predict the degradation behavior of the BMs. They are particularly helpful for material screening, quality control, and the study of degradation mechanisms. The common techniques in determining the in vitro corrosion rate are the electrochemical method and the immersion test. Corrosion is an electrochemical process, which describes the electron flow between anode and cathode. The electron flow represents the rate of the oxidation and reduction reactions at the BM/electrolyte interface, thus monitoring the electron flow provides the capability for assessing the kinetics of the corrosion process. The two methods, potentiodynamic polarization and impedance measurement, are usually adopted to determine the corrosion rates of BM. The corrosion current density i corr can be estimated from the Tafel exploration in the potentiodynamic polarization curves and can also be calculated from the polarization resistance obtained from impedance measurements using Stern-Geary equation. The corrosion rate can be calculated following Eq. (5):
where CR refers to the degradation rate, K 1 = 3.27 Â 10
, i corr represents the corrosion current density, r stands for the density of the metal, and W and n refer to the atomic weight of the element and the valance of the element, respectively.
However, the corrosion rate of Mg-based BMs obtained from the electrochemical methods may be unreliable due to the negative difference effect (NDE). Several parameters are also needed for the immersion test. Both the weight loss of the BMs and the amount of metal ions released into the solution can be measured during the test. The corrosion rate of the BMs is calculated as Eq. (6) [61] :
where CR refers to the corrosion rate, W the calculated weight loss of the sample, A the exposure area, and t the immersion time, r is the standard density. For Mg-based BMs, samples are usually cleaned with chromate acid (180-200 g/l CrO 3 ) for 5-10 min to remove any corrosion products before measuring the final weight [62] . Chromate acid reacts with the corrosion products without damaging the Mg substrate. The corrosion products of Fe-based BMs samples could be removed by the solution (dissolving 20 g antimony trioxide (Sb 2 O 3 ) and 50 g stannous chloride (SnCl 2 ) into 1000 mL hydrochloric acid (HCl, sp gr 1.19)) for 1 to 25 min [63] . The hydrogen volume generated from Mg-based BMs can also be used to calculate the amount of degraded Mg-based BMs, which is particularly useful when measuring the corrosion rate of Mgbased BMs. This technique allows the study of variation in degradation rates with respect to exposure time.
For Fe-based BMs, the degradation rate that tested in dynamic corrosion system should be more meaningful, especially for mimicking the situation within blood vessels. The dissolved oxygen and shear stress have a strong influence on the corrosion process, therefore self-made in vitro dynamic corrosion testing systems have been set up [43, 45] with controllable attachments to adjust these factors.
Analytical methods of the degradation rate in vivo
A standard technique of the in vivo degradation rate of the implanted BM can be determined by the mass loss measurement of the retrieved BM sample. However, the tested animals have to be sacrificed first prior to retrieving the sample. The following cleaning and weighting steps may damage the implant/tissue interface and affect the accuracy of the results. Micro-CT is a nondestructive method that is more popularly used when determining the in vivo degradation of BM by characterizing the deep-frozen explanted sample in their biological environment as well as in situ conditions. The corrosion rate depends on the volume reduction of the BM [61, 64] :
where DV is the volume loss, A is the implant surface area, and t is the implantation time.
Pathophysiology and toxicology of metal elements used for biodegradable metals
As discussed in Section 1.5, the released metallic ions may induce systemic toxicity to the human body as well as local toxicity to the peri-implant cells. From the systemic toxicity point of view, the choice of alloying elements is critical in order to control the release of toxic metallic elements. Table 2 summarizes in three categories the pathophysiology and toxicology of Mg and Fe as well as commonly used alloying elements for Mg and Fe based BM: essential nutrient, potential essential metals, and the other common alloying elements. The body can even tolerate a toxic element at a low concentration below its threshold while a nutrient element can have an adverse effect at an excessive concentration. Thus, the amount of the alloying elements added into BMs needs to be carefully investigated with respect to the degradation rate and the physiological environment at the implantation site. Moreover, it is a key issue how to control the local concentration of the released metal ions below their permitted concentration levels for the design of the final BM medical devices since the concentration of the released metal ions at a certain position of the tissue around the implants varies with tissue reconstruction procedures of the host as a function of time, space (the distance to the BM implant) and local microenvironment (e.g. the local blood supply, which influences the diffusion and transfer of the released metal ions). Furthermore, as a consequence of the biological effect of the released metal ions, they will have a more direct effect on the viability of local cells and tissues adjacent to the BM implants. Effects of the metallic cations on bone-and vascular-related cells are summarized in [67] . Besides the ionic cytotoxicity test using the metal salts, several alloying elements were screened by investigating the cytotoxicity of binary Mg-X alloys, adding 1 wt.% of alloying element for each alloy [70] [71] [72] .
Results showed that the extracts from Mg-X alloy (X = Ca, Sr, Al, Si, Zn, Zr) did not significantly reduce the viability of fibroblasts (L929 and NIH3T3) and osteoblasts MC3T3-E1, but cytotoxicity was observed when Sn, Mn, and Y were added as the alloying elements. Mg-1Mn also revealed severe toxicity to human umbilical vein endothelial cells (ECV304) and vascular smooth muscle cells (VSMCs). These results coincided well with other investigations studying the cytotoxicity of metallic elements using metal salts. As discussed above, the conventional cytotoxicity test could provide an initial indication of biocompatibility of metal cations while the genetic regulation test could provide a more accurate result and is also crucial in predicting the biocompatibility of alloying elements. In the case of vascular applications, Drynda et al. [73] found a significant up-regulation of inflammatory genes (IL-6, IL-8, and ICAM-1 genes) by the presence of Ce, Nd, Y, and Yb ions at a concentration of 50 mg/ml after culturing with smooth muscle cells (SMCs) for 24 h. It was reported that 0.03 mg/ml of Fe(II)-gluconatedihydrate reduced the amount of mRNA from genes that regulate the proliferation in SMCs and, thus, reduce the proliferation of VSMCs [74] . Therefore, the release of Fe 2+ may help to control restenosis in vivo.
In the study of gene expression profile in which exposing mouse 3T3 fibroblasts to the degradation products of Fe-35Mn (wt.%), Purnama et al. [75] showed that the exposure to 3.25 mg/ml of Fe35Mn powder up-regulated 75 genes and down-regulated 59 genes whilst up-regulation of 126 genes and down-regulation of 76 genes were observed in the presence of 0.25 mg/ml Mn powder. There were no genes found to be regulated by 5 mg/ml of Fe powder. Comparing the gene expression profile of 3T3 fibroblasts in the presence of Fe-35Mn and Mn, 68 up-regulated and 54 downregulated genes were common. Among these genes, Caveolin-1 (cav1), the structural protein of caveolae (small and smooth plasma membrane invaginations present in various differentiated cell types) was one of the most down-regulated genes in the gene expression profiles [76] . Further studies indicated that cav1 gene expression was not influenced by exposure to ferrous ions while exposure to Mn for 24 h reduced cav1 gene expression by about 30% and >65% after 48 h compared with the control or 3T3 cells. Similar pattern were also observed in cav3 gene expression and, therefore, Purnama et al. [76] concluded that caveolins could be a potential biomarker to measure the cytotoxicity of alloying elements. For orthopedic applications, Mn and Fe were found to induce significant release of IL-6 at a concentration of 1 mM when cultured with MG63 osteoblasts [68] .
When designing a BM, its composition is not only driven by the toxicology of the metallic elements but also the materials' performances, including the mechanical properties and degradation behavior, with respect to the specific implantation sites and therapeutic purposes. Notably, the degradation behavior is associated with local biocompatibility of the BM implants because of the releasing profile of the degradation products. If the BM degrades too fast, rapidly elevated pH value can cause toxicity in peri-implant cells and local tissues with a concomitant increase in the inflammatory response. Although Mg-based and Fe-based BMs have shown favorable results on animal models in terms of biocompatibility and inflammatory response, gas cavities have often been observed within bones as consequences of the rapidly degraded Mg-based BMs [70, [77] [78] [79] , as well as severe hemolysis due to the dramatic increase of pH values.
In the following Sections 3-5 we review the microstructure, mechanical properties, degradation behavior, and in vitro and in vivo biocompatibilities of each type of BM individually (Mg and its alloys, Fe and its alloys, Zn and its alloys, pure W, Ca-based bulk metallic glasses, Sr-based bulk metallic glass, and Zn-based metallic glasses), based on their alloying systems. Thereafter, Section 6 examines the fabrication of BM raw materials (wire, tube, and plate) and the design and process (machining, cutting, polishing and sterilization) of BM medical devices for the usage within bone and blood vessels; Section 7 discusses the challenge and future R&D directions for the commercialization of BM medical devices; and Fig. 2 schematically illustrates the link among Sections 3-7 in order to give the reader an overview.
Magnesium-based biodegradable metals
Mg and its alloys have been widely investigated and well accepted for automobile and aerospace applications. Commercial Mg alloys were originally designed for industrial usage, which potentially contain toxic elements (e.g. Al, RE, etc.) and are not suitable for biomedical applications. As a result, new kinds of Mgbased BMs with the latest alloying system (different from the existing industrial Mg alloy family), novel structure, and modified surfaces have been specially developed. Hundreds of publications are available to date regarding the characterization of the microstructures, testing of the mechanical properties, degradation behavior and ion release, and in vitro and in vivo biocompatibility studies to evaluate the feasibility of these Mg-based BMs for biomedical purposes. This section is subdivided into four parts: (1) pure Mg and new Mg alloying systems, including alloying with essential elements (Mg-Ca, Mg-Sr, Mg-Zn, and Mg-Si) or low toxic elements (Mg-Sn and Mg-Zr), and the modification of industrial Mg alloy systems (Mg-RE and Mg-Al); (2) novel structured Mgbased BMs (porous, composited, nanocrystalline, and glassy structures); (3) surface modification methods of the Mg-based BMs to adjust the degradation rate; (4) results of animal testing and clinical trial from the above-mentioned Mg-based BMs. Mg by itself is considered to be relatively safe. Hence, without the concern of releasing other alloying elements pure Mg seems attractive for medical use. However, the presence of impurities (iron, nickel, and copper) in Mg is unavoidable and dramatically accelerates its corrosion, which is observed when the amount of impurities exceeds the tolerance limit (0.005 wt.% for Fe and Ni, 0.05 wt.% for Cu). Qiao et al. [80] reported the degradation of high purity (HP) Mg was accelerated 3-60 times when the Fe concentration increased to 26-48 ppm. Song [81] found that high purity Mg ($0.0045 wt.% Fe, <0.002 wt.% Cu and <0.002 wt.% Ni) has the corrosion rate of a thousand-fold less when compared to the commercially pure (CP) Mg (0.02 wt.% Fe, <0.002 wt.% Cu, and <0.002 wt.% Ni) in Hank's solution. Unfortunately, relative low strength is observed for pure Mg even after processing (the yield tensile strength is 21 MPa for as-cast Mg, 90-105 MPa for asextruded Mg, and 115-140 MPa for as-rolled Mg [82] ), so further improvement is needed for load bearing biomedical applications. Therefore, several low toxic alloying elements have been added to develop Mg-X alloy systems (X = alloying element) and investigated for their mechanical and degradation properties.
Mg-Ca and Mg-Sr based alloy systems
Ca and Sr belong to group 2 of the periodic table and share similar chemical and metallurgical properties. The solubility of Ca and Sr in Mg is relatively limited, about 1.34 wt.% and 0.11 wt.% respectively under equilibrium conditions. Incorporation of supersaturated Ca and Sr into Mg leads to precipitation of Mg 2 Ca and Mg 17 Sr 2 phases along the grain boundaries. Alloying elements Ca and Sr can refine the microstructure of Mg and improve the strength and creep properties under elevated temperatures due to the formation of thermally stable intermetallic phases. However, these intermetallic phases are brittle, which can act as potential sources for cracking to occur and indicates a negative effect on the ductility of Mg, and also accelerates the degradation due to galvanic corrosion. Fig. 3 summarizes the relationship between ultimate tensile strength, elongation, and degradation with the amount of alloying elements in various as-cast Mg-X alloys. It can be seen that as the alloying Ca element increases in the range of 1-3 wt.%, the tensile strength and elongation of the as-cast Mg-Ca alloys are reduced [70] . Wan et al. [83] reported a 0.6 wt.% of Ca addition could improve the bending and compressive strength of pure Mg while a higher Ca addition deteriorated these properties. Taking the degradation behaviors of the alloys (Fig. 3(c) ) into consideration, the appropriate Ca content should be in the range of 0.6-1 wt.% [70, [83] [84] [85] . Furthermore, Zn, Y, and Sr were introduced in the MgCa binary alloys to optimize their mechanical and degradation properties [86] [87] [88] . The introduction of Zn (2.31 wt.%) into the ascast Mg-3Ca alloy could improve the strength and ductility of the alloy, and its presence supports the formation of the eutectic phase (a-Mg + Mg 2 Ca + Ca 2 Mg 6 Zn 3 ) that leads to a decreased degradation rate of the alloy [86] . The addition of Y (1 wt.%) negatively impacted the compressive strength, corrosion resistance, and biocompatibility of the as-cast Mg-1Ca alloy whilst an improvement in ductility was observed [87] . Berglund et al. [88] designed a series of Mg-xCa-ySr alloys (x = 0.5-7.0 wt.%; y = 0.5-3.5 wt.%), and found that the Mg-1Ca-0.5Sr alloy exhibited the slowest degradation rate ($1.5 mm/yr in Hank's solution) but still maintained appropriate compressive strength (274 AE 4 MPa).
For the binary Mg-Sr alloys, an increase in strength and reduction in elongation are observed, up to 3 wt.% in the as-cast state, when increasing the amount of Sr but higher than 3 wt.% of Sr addition negatively impacts the alloys ( Fig. 3(a) and (b)) [89, 90] . In addition, the increasing Sr content deteriorates the corrosion resistance of the as-cast Mg-Sr alloys ( Fig. 3(c) ) [89] [90] [91] whilst Gu et al. [71] reported that the as-rolled Mg-2 wt.% Sr alloy exhibited the highest ultimate tensile strength and the slowest degradation rate among experimental as-rolled Mg-Sr alloys with Sr content ranging 1-4 wt.%. Consequently, it is recommended to lower the contents of alloying elements Ca (<1 wt.%) and Sr (<2 wt.%) to improve mechanical and degradation properties of biomedical Mgbased BMs.
Mg-Zn based alloy systems
Zn is an important alloying element with a relatively high solubility in Mg (6.2 wt.%). It contributes to the mechanical properties of the alloy because of its solid solution strengthening and aging strengthening effect. As reported, the ultimate tensile strength and elongation of as-cast Mg-Zn alloys significantly increased with increasing Zn contents up to 4 wt.%, but any higher percentage of Zn would lead to reduction of both properties [92] ( Fig. 3(a) and (b)) and decrease the corrosion resistance of the alloy [92] (Fig. 3(c) ).
Taking both the mechanical and degradation properties as main concerns, the Mg-Zn alloys with low Zn content (<4 wt.%) were further alloyed by adding third alloying elements, including Ca [92, 93] , Mn [94] , Sr [89] , Y [95] , and Zr [96] . The introduction of Ca, Sr, and Y refined the microstructures while contributing little to the mechanical properties of the Mg-2Zn alloy [89, 92, 93, 95] . Mn and Zr additions effectively improved the strength of Mg-Zn alloys. For instance, the as-cast Mg-2Zn-0.2Zr alloy exhibited much higher tensile property (UTS = 186.9 MPa, Elong. = 18%) than that of as-cast Mg-2Zn alloy (UTS = 145.9 MPa, Elong. = 12.2%). The degradation behaviors of the Mg-Zn alloys were also explored. Low contents of Ca, Mn, and Sr were found to slow down the degradation rate [89, [92] [93] [94] . Zhang et al. [92, 93] found that 0.2 wt.% Ca addition could reduce approximately one third of the degradation rate of as-cast Mg-4Zn alloy and that the degradation rate of as-cast Mg-4Zn-xCa alloy increased with increasing Ca content (x = 0.2-2 wt.%).
Mg-Si based alloy systems
Si exhibits nearly no solid solubility in Mg. It reacts with Mg and precipitates as an intermetallic compound of Mg 2 Si. The in situ precipitation of the Mg 2 Si phase can effectively strengthen the Mg alloys due to its high melting temperature, low density, high hardness, and low thermal expansion coefficient. Gu et al. [72] reported that Si is the most effective alloying element to improve the yield strength (YS) and ultimate tensile strength (UTS) of the pure Mg than the alloying elements Al, Ag, In, Mn, Sn, Y, Zn, and Zr. The YS, UTS, and elongation of the as-cast Mg-1 wt.% Si alloy are 80 AE 0.6 MPa, 193.77 AE 2.03 MPa and 14.83 AE 0.29%, respectively. As summarized in Fig. 3 (a) and (b), the optimal Si content is around 0.8 wt.% resulting in the highest ultimate tensile strength and elongation [97] . However, the Mg 2 Si phase presents Volta potential difference relative to the a-Mg matrix and accelerates the degradation rate dramatically. As-cast Mg-1Si alloy showed nearly three times faster degradation rate than that of the as-cast pure Mg in Hank's solution [72] . Zhang et al. [98] introduced Ca and Zn into Mg 2 Si as a means to refine and modify its morphology thereby improving the corrosion resistance and the mechanical properties of Mg-Si alloys. With the addition of Ca, the eutectic structure of the Mg 2 Si phase turned into a needle-like structure. Adding 0.4 wt.% of Ca into Mg-0.6 wt.% Si alloy did not benefit its mechanical property but reduced its degradation rate to over 50%. The addition of 1.5 wt.% Zn to Mg-0.6 wt.% Si alloy could obviously modify the morphology of the Mg 2 Si phase from a coarse eutectic structure to a small dot or short bar shape. As a result, the tensile strength, elongation, and corrosion resistance of the resulting Mg alloys were improved significantly [98] .
Mg-Sn based alloy systems
As shown in Fig. 3 (a) and (b), the UTS and elongation of the ascast Mg-Sn alloys increases with up to 5 wt.% of Sn, yet adding any higher quantities of Sn deteriorates its strength and ductility [99] . Adding the third alloying element Ca could refine the dendritic microstructure of the Mg-5 wt.% alloy and suppress the formation of Mg 2 Sn thus resulting in the increased shear strength and creep resistance of the Mg-5Sn alloy [100] . Gu et al. [72] found that the as-cast Mg-1 wt.% Sn alloy exhibited higher YS, tensile strength, and elongation than as-cast pure Mg while it showed decreased elongation after hot rolling. Yang et al. [101] designed a series of Mg-Sn-Mn alloys (Sn 1.0-3.0 wt.% and Mn 0.5-1 wt.%) for stent use among which the as-rolled Mg-3Sn-0.5Mn showed the best combination of mechanical performance and corrosion resistance.
Mg-Zr based alloy systems
Zirconium (Zr) is known as a powerful grain refiner for Mg alloys. This element is usually used in alloys containing Zn, RE, Y, and thorium (Th) and cannot be used together with Al and Mn since they form stable compounds with Zr [82] . Recently, the MgZr alloys have attracted considerable attention due to their high specific damping capacity ($80%), which may help to suppress the vibrations generated during movement and stress at the implant/ bone interface [102] . Gu et al. [72] indicated that 1 wt.% of Zr addition in Mg resulted in significant improvement of the strength and ductility of the metal, exhibiting UTS of 171.87 AE 2.31 MPa and elongation of 27 AE 2%, and reduced the degradation rate by 50%. Zhou et al. [103] fabricated the ternary Mg-Zr-Ca alloys that exhibited increasing tensile strength and elongation when Zr content increased from 0.5 wt.% to 1 wt.%. The as-cast Mg-1Zr-1Ca alloy indicated approximately 125 MPa in ultimate tensile strength and 8% in elongation to failure. The co-addition of Sr and Sn could effectively reduce the degradation of as-cast Mg-Zr-Ca alloy [104] . In addition, the as-cast Mg-Zr-Sr alloys with a wide range of Zr content 1-5 wt.% were investigated [105] , among which the degradation rate increased with increasing Zr content and the Mg-1Zr-2Sr alloy exhibited the lowest degradation rate in SBF. In general, the alloying amount of element Zr should be lower than 1 wt.% for biomedical Mg-based BMs [106] . 
Mg-Al based alloy systems
Aluminum (Al) is the most commonly used alloying element for Mg alloys with a maximum solubility of 12.7 wt.% in Mg. Several Mg-Al based alloy systems have been developed for industrial applications, such as AZ and AM alloy systems, and are usually used as material models to study the corrosion mechanism of Mg alloys. As summarized in Fig. 3 (a) and (b), increasing amounts of Al up to 6 wt.% improves the UTS of binary Mg-Al alloy but any higher amount reduces the alloy strength. The alloy elongation increases with increasing Al content ( Fig. 3(b) ). In addition, the presence of Al improves the corrosion resistance of an Mg alloy by forming Al 2 O 3 film on the alloy surface. Wen et al. [107] indicated that the degradation rate of AZ31, AZ61, and AZ91D alloys was relatively high (3-8 mm/yr) in the first 24 h immersion period in m-SBF and slowed down with a prolonged immersion period up to 24 d in an order of AZ91D (1.23 mm/yr) < AZ61 (1.32 mm/yr) < AZ31 (2 mm/yr). In this in vitro experiment, the AZ91D alloy exhibited relatively uniform corrosion morphology with a few shallow pits, while obvious corrosion pits were seen on the surface of AZ31 and AZ61 [107] . In contrast, severe pitting was observed on AZ91D when implanted in vivo [108] . However, considering the neurotoxicity of element Al, Mg-Al-based alloys are not recommended candidates for biomedical applications in humans.
Mg-Y and Mg-REE based alloy systems
Rare earth elements (REEs) usually alloy with Mg to improve its high temperature strength and creep resistance. They are frequently added as mischmetal (mainly Ce, La, and Nd) or didymium (85% Nd and 15% Pr). The Y and seventeen other rare earth elements (REEs) can be divided into two groups considering their solid solubility in Mg: high solid solubility group (Y, Gd, Tb, Dy, Ho, Er, Tm, Yb, and Lu) and limited solubility group (Nd, La, Ce, Pr, Sm, and Eu). Generally, the Mg-RE alloy system is suitable for heat treatment because of the temperature dependent solid solubility variation of REEs in Mg.
Ce, La, and Nd are the most commonly used REEs in Mg-REE alloys. Given their relative low solid solubility in Mg (0.23 wt.% for La, 0.74 wt.% for Ce and 3.6 wt.% for Nd), the intermetallic phases would easily precipitate and result in galvanic corrosion. Birblis et al. [109] found that the volume of the intermetallic phase increased with increasing REEs content (ranging in 0-5 wt.%) in high-pressure die-cast binary Mg-REE alloys, resulting in the accelerated degradation in 0.1 M NaCl because of galvanic corrosion. Mg-REE alloys exhibited corrosion current densities heat treatment, the WE54 alloy exhibited a slower degradation rate whereas the degradation rate increased after T6 heat treatment, which was mainly attributed to the intermetallic precipitation during the aging treatment [110, 111] . The Mg-NdZn-Zr alloy with the nominal composition of 2.0-4.0 wt.% Nd, 0.1-0.5 wt.% Zn, and 0.3-0.6 wt.% Zr was designed for medical use, which exhibited good mechanical properties after extrusion and the subsequent cyclic extrusion and compression (approximately 300 MPa in UTS and 30% in elongation) [112] . T5 treatment could improve the strength and corrosion resistance of the Mg-Nd-ZnZr alloy while slightly deteriorating the ductility [113] . The alloying elements with high solid solubility in Mg at eutectic temperatures (11.4 wt.% for Y, 25.3 wt.% for Dy and 23.49 wt.% for Gd) were selected for biomedical Mg alloy designs to avoid the formation of intermetallic phases and the resulted galvanic coupling formation. The mechanical and degradation properties of Mg can be tailored over a wide range by the addition of a single REE (Fig. 3) . The solid solubility of REEs changed greatly with respect to the temperature and, thus, the subsequent heat treatment will also contribute to the adjustment of the Mg-REE alloy behavior. Generally, the increasing amount of added elements Y, Dy and Gd resulted in improved alloy strength and weakened ductility ( Fig. 3(a) and (b)). The degradation rate of binary Mg-Y, Mg-Dy, and Mg-Gd all depend on the concentration of each alloyed element with the optimal addition amount being 2 wt.% for Y, 10 wt.% for Dy, and 15 wt.% for Gd ( Fig. 3(c) ) [114] [115] [116] . In addition, the YS and UTS of Mg-(5-15 wt.%)Dy alloys decreased after the T4 treatment while the degradation rate dramatically slowed down (i.e. the degradation rate of Mg-5 wt.% Dy alloy decreased from about 7.9 mm/yr to 0.5 mm/yr [116] ). In contrast, a higher degradation rate was observed after the aging treatment at 200 8C as well as an increased strength and lower ductility for Mg-Dy alloys [116] . Liu et al. [115] indicated that the binary Mg-Y alloys exhibited increased degradation rates in 0.1 M NaCl with increasing Y content ranging from 0 to 7 wt.% while decreased degradation rates were observed in 0.1 M Na 2 SO 4 solution when Y content was higher than 3 wt.% ( Fig. 3(c) ).
3.2. Novel structure design for Mg-based biodegradable metals
Porous structure
Porous scaffold is a key component in tissue engineering for bone regeneration, which allows tissue ingrowth, prevents implant loosening, permits the transportation of body fluid, and also shows the potential to serve as a platform for drug delivery [117] . Generally, the powder metallurgy (P/M) technique, the pressing of a mixture of metal powders with removable spacer (i.e. Carbamide) particles, is one of the most commonly used methods to prepare the porous Mg alloys. A following sintering step burns out the spacer particles to obtain the porous structure; the porosity and pore size are adjustable by the content and size of the adopted spacer particles [118] [119] [120] .
Another approach to obtain the porous Mg scaffold is by the negative salt-pattern molding process. An open porous AZ91 alloy scaffold was produced, with the porosity ranging from 72 to 76% and pore size varying between 10 and 1000 mm (Fig. 4(a) ), by infiltrating the molten Mg into a NaCl preform and then washing out the salt preform in a NaOH solution, as reported by Witte et al. [78, 79] . Staiger et al. [121] further improved this negative salt-pattern molding process to fabricate a specially designed porous Mg scaffold. Porous Mg was accurately architected first by the computer-aided design (CAD) and then by printing a positive polymeric 3D template. The 3D template was used to create the negative salt template by salt infiltration followed by sintering to remove the polymer. In the third step, the liquid Mg melt mold was infiltrated under pressure and the porous Mg scaffold was obtained after removing of the salt (Fig. 4(b) ). This technique showed highly accuracy (5-12% error) with macroscopic features as fine as 0.8 mm.
In addition, the pore size and porosity of the porous Mg scaffolds could also be accurately controlled by the laser perforation technique (Fig. 4(c) ), as reported by Geng et al. [122] . Gu et al. [123] fabricated a lotus-type porous pure Mg using a metal/gas eutectic unidirectional solidification method (GASAR process) (Fig. 4(d) ), which exhibited slower decay even when compressive yield strength was applied during immersion in SBF.
Numerous publications have shown that reduction in mechanical properties and increments of degradation rates of the porous Mg scaffold are usually observed as the porosity and pore size increase, regardless of the technique that was adopted. For instance, a study by Wen et al. [119] found the strength and elastic modulus of P/M porous Mg scaffolds decreased with increasing porosity (35-55%) and pore size (70-400 mm) while the degradation rate increased. The compressive strength of the laserperforated Mg scaffolds noticeably dropped when the porosity increased from 42.6% to 50.34% [122] .
Composite structure
Mg metal matrix composites (MMCs) exhibit adjustable mechanical and corrosion properties as determined by the selection of the reinforcement material. The content, distribution, and size of the reinforcements are of major importance for mechanical and degradation properties of Mg MMCs. Various reinforcements were adopted to prepare Mg MMCs, such as calcium phosphate-based ceramic [124] [125] [126] [127] [128] [129] [130] [131] , bioactive glass (BG) [132] , zinc oxide [133] , and calcium particles [134] , through powder-metallurgical routes (P/M) and stirring casting methods.
(1) P/M method: Several authors adopted a conventional blendpress-sinter route to prepare the MMCs [126, 133] . Lei et al. [133] prepared the P/M Mg/ZnO MMCs containing 20 wt.% of ZnO nanoparticles. The inclusion of ZnO nanoparticles improved the tensile strength, surface hardness, and corrosion resistance of the Mg matrix but showed a reduction in elongation. In addition, a dose dependent effect on the fluorapatite (FA) nanoparticles was observed for the mechanical properties of AZ91/FA MMC [126] . The compressive strength of the alloy AZ91 could be increased when adding FA nanoparticles for up to 20%; exceeding such a threshold would achieve reversed results or reduction in strength. The degradation of the AZ91/FA composite decreased with increasing FA content.
A subsequent hot extrusion process was adopted following the P/M route to improve the mechanical properties and bonding strength between the matrix and the reinforcement. Witte et al. [129] indicated that the P/M AZ91D/20 wt.% HA MMC exhibited the yield tensile strength (YTS) of 264.3 AE 10 MPa and improved corrosion resistance as well as cytocompatibility compared with those of the master AZ91D alloy. Feng et al. [124] produced the ZK60/ CPP MMC incorporated of 10-30 wt.% calcium polyphosphate particles (CPP) with particle size less than 10 mm. The UTS of ZK60/CPP MMC decreased from $280 MPa to $200 MPa by increasing CPP content. Further study by Feng et al. [125] indicated that the mechanical properties of ZK60/CPP MMC could be improved by the selection of ultrafine CPP particles (<750 nm), demonstrating higher YTS (319.5 MPa) and elongation (30.5%) when composed with 5 wt.% of CPP particles. Gu et al. [127] reported decreased mechanical property and corrosion resistance with an increase in HA particle (2-3 mm) content for P/M Mg/HA composite.
(2) Stirring casting method: Another approach for MMCs development is to introduce the reinforcement into the melt followed by the stirring casting technique. In general, bioceramic or bioglass are selected to be the reinforcement, yet the poor wettability of the ceramic particles limits the incorporating amount as well as the dispersion of the reinforcement. Several methods have been carried out to overcome this limitation of the stirring casting method. Ye et al. [130] modified the nano HA particles with gelatin and successfully added 1 wt.% of nano HA particles into an Mg-Zn-Zr alloy melt. Huan et al. [132, 135] introduced bioglass (BG) into a semi-solid ZK30 melt and cast the ZK30/BG MMCs with 0-20 wt.% of BG under high pressure. Liu et al. [131] adopted the combination of high shear and MCAST (Melt Conditioning by Advanced Shear Technology) units to disperse the b-TCP particles or break up the agglomerates in the Mg-3Zn-Ca melt through the shear strain generated by the flow. With this technique, most particles were pushed into the last solidified region and adjacent to the eutectic Ca 2 Mg 6 Zn 4 phase. Moreover, Gu et al. [128] proposed a novel Mg-Ca alloy based composite using melt infiltration method with the HA/TCP scaffold as porous perform. This kind of composite exhibited a significantly reduced degradation rate than that of the bulk Mg-Ca alloy.
To summerize, the P/M and a subsequent extrusion process would provide the obtained MMCs with a better mechanical property. Compared with the P/M MMCs, which exhibited less than 0.5% in porosity due to the extrusion process, the semi-solid cast composite was found to be microporous, thus, indicating a more accelerated degradation than the master alloy [96] . The incorporation of calcium phosphate-based reinforcement and bioglass particles can generally improve the bioactivity of the master alloy (a) AZ91D scaffold prepared using NaCl as spacer [78, 79] ; (b) Mg scaffold designed by CAD and the following negative pattern molding [121] ; (c) honeycombstructured magnesium scaffolds fabricated by laser perforation technique [122] ; (d) lotus-type porous pure magnesium prepared by metal/gas eutectic unidirectional solidification method [123] .
with accelerated depositions of calcium phosphate in simulated body fluid.
Ultrafine-grained structure
As discussed in Section 1.3.1, Mg alloys are highly susceptible to galvanic corrosion due to the impurity or secondary phases, which act as internal cathodes. Thus, the corrosion mechanism of Mg alloy is often observed as localized corrosion adjacent to the cathode. One strategy to minimize this effect is to refine the microstructure of Mg alloys.
Gu et al. [136] refined the grain size of the Mg-3Ca alloy to 200-500 nm by rapid solidification (RS) and the grain size decreased with increasing cooling rate. In comparison with the as-cast Mg3Ca alloy, the Mg-3Ca alloy processed by RS exhibited dramatically reduced degradation rate from 21 mm/yr to 0.36-1.43 mm/yr (higher the RS speed, lower the degradation rate) and showed more uniform corrosion morphology on the sample surface [136] . However, Xu et al. [137] found that the RS Mg-Zn-Ca (Zn content is 6, 10, and 20 wt.% respectively with Ca content being 1 wt.%) rods revealed fine grains but had accelerated degradation than the counterpart in the as-cast state.
Furthermore, ultrafine or nanocrystalline Mg alloys can also be obtained by severe plastic deformation techniques (SPD), such as the equal channel angular pressing (ECAP), high pressure torsion (HPT), or cyclic extrusion and compression (CEC). The final grain size of the consequent Mg alloys obtained a range from less than 1 mm to several micrometers with respect to the processing parameter. Zhang et al. [112] indicated that the as-CECed Mg-NdZn-Zr alloy exhibited fine grain size ($1 mm) and enormously improved tensile properties (71% and 154% higher YS and elongation than the as-extruded state). The UTS and elongation were $300 MPa and $30%, respectively. The degradation rate also slowed after CEC. Similarly, the ultrafine-grained Mg-Zn-Ca alloy prepared by the HPT process revealed improved corrosion resistance compared to the as-extruded ones [138] . The ultrafine-grained AZ31 alloy, prepared by the ECAP with the back pressure (BP-ECAP) method, revealed a significantly improved UTS ($380-420 MPa) and elongation ($27-35%) [139] . Gu et al. [140] found that as-ECAPed and BP-ECAPed AZ31 (grain sizes ranging from 2 to 8 mm) displayed faster degradation rates than those of the as-extruded samples (grain size $28 mm), which may be attributed to the residual inhomogeneous large-sized grains during recrystallization [140] . Wang et al. [141] found similar fatigue and degradation performance of the as-ECAPed AZ31 in comparison with the hot-rolled samples. Compared to the extruded or hot-rolled samples, pits with smaller size and shallower depth were observed for the ultrafine-grained or nanocrystalline Mg alloys after corrosion [112, 138, 140 ]. An interesting future pursuit is the rapid solidified ribbon of Mg-RS66 that exhibits ultrafine grain size (about 1 mm) after reciprocal extrusion [142, 143] . This kind of Mg alloy combines altered mechanical properties (UTS 400 MPa, Elongation 23.5%) and sufficient corrosion rates in vivo [144] .
Glassy structure
Investigations were also carried out recently for Mg-based bulk metallic glasses (BMGs), because their single-phase structure and chemical homogeneity can minimize the galvanic corrosion effect. Several studies have reported the Mg-Zn-Ca BMGs synthesized by RS [57, 145, 146] or mechanical alloying technique [147] . The investigated Mg-Zn-Ca BMGs exhibited much higher strength but poor plasticity (2-4%) [57, 148] . Additionally, the Mg-Zn-Ca BMGs revealed slower degradation rates and more uniform degradation modes with small and shallow pits well distributed on the surface in comparison with the crystalline pure Mg [145] . It was reported that the hydrogen evolution of the Mg 95Àx -Zn x -Ca 5 BMGs decreased when x ranged among 25-35 and was nearly eliminated when x > 29 [57, 146] . The in vivo degradation of Mg 95Àx Zn x Ca 5 BMGs correlated well with the in vitro hydrogen evolution test. No gas cavities were observed around the Mg 60 Zn 35 Ca 5 , owing to the formation of a passivating ZnO/ZnCO 3 layer [57, 146] .
Intrinsic brittleness and/or embrittlement due to structural relaxation are a primary negative concern for the future clinical application of Mg-based BMGs. Wessels et al. [146] examined the relaxation at 20 8C and 37 8C for Mg 95Àx Zn x Ca 5 BMG. An increase in the characteristic relaxation time from 10 to 30 days at 20 8C was observed as Zn increased from 29 to 32 at.%, correlating with dramatically reduced hydrogen gas. Gonzá lez et al. [149] indicated that 2 at.% Pd alloying in Mg 72 Zn 23 Ca 5 resulted in the formation of crystalline phases containing Pd, which contributed to a harder surface and delayed degradation.
Wang et al. [150] focused efforts on improving the ductility of MgZnCa BMGs by alloying with Yb, and reported a significantly improved ductility under bending and tensile loading through minor alloying with rare-earth element ytterbium (Yb) at an atomic concentration of 2% and 4%. The enhanced ductility is attributed to the increased density of shear bands close to fracture ends and larger plastic zones on the fracture surface. In comparison with that of Yb-free control, an in vitro cell culture study confirms an improved biocompatibility of this Mg-based BMGs alloyed with Yb as determined by MTT, live-dead, and cytoskeleton staining assays, respectively.
Surface modification of Mg-based biodegradable metals
Surface modification is one of the most effective ways not only to reduce and control the degradation behavior but also to improve the surface biocompatibility of Mg-based BMs. In the following sub-sections, the development and characterization of coatings for Mg alloys using various surface modification technologies will be summarized in three groups: mechanical, chemical, and physical methods (Table 3) .
Mechanical methods
Common mechanical surface modification methods, such as machining [156, 158] , grinding [157] , milling [151] [152] [153] , burnishing [154, 157] , and laser shock peening [155] , have been investigated on Mg alloys. An improved surface integrity was obtained with increased compressive residual stress and microhardness (HV) to different degrees by different methods.
Cryogenic machining with large edge radius tools led to the most desirable surface integrity on AZ31B [156] . The spraying of liquid nitrogen could also significantly reduce the surface temperature on AZ31B substrate and result in the formation of a grain-refined layer with more enhanced surface integrity (including grain refinement, surface roughness reduction, strong basal texture, and higher residual stress) than the dry machining technique.
The effects of cutting edge radius and cooling methods (dry and cryogenic) on surface integrity in machining of AZ31B were investigated [158] . Both the dry-and cryogenic-burnished surfaces exhibited better-improved degradation behaviors than the ground surface due to the formation of the grain-refined layer, while little difference was observed between the dry-and cryogenicburnished groups. Besides the grain size and texture effect [158] , the residual stress was also considered to influence the degradation of Mg alloys but with little actual contribution [152, 157] .
Salahshoor et al. [151] [152] [153] studied the Mg-0.8Ca alloy processed by high-speed dry milling and indicated this technique was safely performed without chip ignition. A clean surface was generally obtained with slight flank build-up formation. The strain hardening effect with increased surface HV was observed within 12 mm of depth below surface [152, 153] .
Salahshoor et al. [154] carried out the ball burnishing process on the Mg-0.8Ca alloy using dual-purpose oil serving as both lubricant and coolant. Cooled by the dual-purpose oil, the in-depth distribution of temperature fields showed only about a 5-6 8C increase in the applied pressure range. Both compressive and tensile residual stress increased beneath the surface. The residual stresses were all compressive below 200 mm depth. Small tensile residual stresses (10-60 mm below surface) were also observed for some pressures.
Sealy et al. [155] used the laser shock peening (LSP) method to impart compressive residual stress to the Mg-Ca alloy and found that high compressive residual stress has great potential to slow corrosion rates. layer is formed on the Mg alloy surface based on the chemical reaction occurring at the interface between the sample and solution [159, 160, 196] . Yan et al. [160] [64, 73] . Both techniques could slow down the corrosion rate of the Mg alloy substrate. The fluoride treatment might benefit the orthopedic application due to its osteoblastic stimulation and increased bone formation [60] . The fluoride treatment was also used as the pre-treatment technique followed by the subsequent organic [180] or ceramic [197] coatings.
(2) Alkali treatment
Alkali-heat treatment has been introduced to improve the corrosion resistance of the Mg alloy substrate by forming a Mg(OH) 2 or MgO coating on the sample surface. Al-Abdullat et al. [198] reported that a MgCO 3 coating was formed during a NaHCO 3 alkali treatment, which provided better protection than the Mg(OH) 2 layer and enhanced the precipitation of calcium and phosphorous on the sample surface. Li et al. [161] indicated that the successive heat treatment at 773 K could convert the MgCO 3 coating into MgO coating, which further improved the corrosion resistance and showed no signs of inhibitory effects on cell growth. Gu et al. [162] investigated the corrosion behavior of alkali-heated Mg-1Ca alloy using different alkaline solutions and found the corrosion rate of samples followed the ranking orders: NaHCO 3 heated < Na 2 HPO 4 heated < Na 2 CO 3 heated. Zhu et al. [163] carried out the alkali-heat technique by hydrothermal treatment on AZ31 in NaOH solution at 160 8C. Thereafter, they found that the hydrothermal treatment in deionized water could improve the corrosion resistance of the substrate. The corrosion rate slowed down with increasing temperature and time of the treatment [164] . All of the reported alkali-heated methods were proved to improve the corrosion resistance of the substrate and the calcium phosphate deposition in vitro.
Electrochemical treatment.
(1) Anodic oxidation and micro-arc oxidation Anodic oxidation is an electrolytic process encompassing the anodic electrode reactions combined with electric field driven metal and oxygen ion diffusion to in situ produce an oxide film on the anode surface. It is a well-established method to slow down the corrosion rate of Mg alloys. Hiromoto et al. [199] indicated that the degradation rate of anodized pure Mg varied with the applied voltage in 1 N NaOH: 7 V > untreated % 20 V > 100 V. The successive steam treatment could effectively seal the pores in anodized film and significantly retard the degradation. In addition, a porous film formed at 7 V and 100 V, showing local corrosion and more precipitation of calcium phosphate than the non-porous film formed at 2 V and 20 V in Hank's solution [166, 199] .
Micro-arc oxidation (MAO) shares the similar electrolytic process with anodic oxidation while performing at a high-voltage discharge. MAO can remarkably improve the material properties including hardness, wear resistance, corrosion resistance, and adhesion strength compared to the anodic oxidation treatment. Gu et al. [165] reported the degradation and cell biocompatibility of an MAO treated Mg-Ca alloy at 300-400 V. The applied voltage influenced the thickness and pore size of MAO coating and, thus, affected the degradation behavior. The 360 V treated MAO coating produced the most superior long-term corrosion resistance during the 50 d immersion in Hank's solution, promoted the MG63 cell adhesion and proliferation, and also improved the wear resistance [200] and blood compatibility [201] of the Mg substrate.
To improve the biocompatibility and bioactivity of the coating, Ca and P were also introduced into the electrolyte [168, 202, 203] . Srinivasan et al. [203] containing compounds in the coating contribute to higher corrosion resistance and stability than the compounds containing potassium. Srinivasan et al. [202] further optimized the Ca/P ratio in the electrolyte and indicated that the coating obtained from 1:5 electrolytes possessed the best corrosion resistance. Yao et al. [168] also reported that the change of Ca concentration in electrolytes was effective for adjustment of the Ca/P ratio in the coating of AZ91D given a reduced corrosion current density by two orders of magnitude [168] . However, the MAO coating achieves a porous surface that weakens the protection effect of the coating. In order to further slow down the degradation, the subsequent treatments have been applied to seal the pores including sol-gel [204] , electrodeposition [205] [206] [207] , and the polymer sealing [208] [209] [210] methods.
(2) Electrodeposition
Electrodeposition is an electrical process, such as electrolysis or electrophoresis, which is utilized to deposit a material onto the substrate. To improve the surface biocompatibility and bioactivity, calcium phosphate coatings, including hydroxyapatite (HA), fluoridated hydroxyapatite (FHA), and brushite (DCPD), have been prepared by the electrodeposition technique using the acidic Ca(NO 3 ) 2 , NH 4 H 2 PO 4 , and NaNO 3 electrolyte systems. It has been indicated that the as-deposited coating phase is DCPD, which can be transformed into HA after alkali heat treatment [169, 211] . The HA coating showed lower solubility than the DCPD coating and, thus, exhibited better protective effects [169] . However, the HA coating is fragile and can be easily broken down. Song et al. [169] found that a FHA coating could be obtained by adding NaF in the above electrolyte system. This FHA coating was more stable than the DCPD and HA coatings and, thus, remained intact after immersion in m-SBF for one month. It was shown to promote osteoconductive minerals precipitation as well as cellular proliferation and differentiation. Wang et al. [171] suggested a pulse electrodeposition process using positive and reverse currents. This technique improved the bonding force between the coating and the substrate as well as the protection effect of the coating [212] . A Ca-deficient HA coating was prepared by the pulse electrodeposition process [171] , and it could slow down the degradation, strengthen the Mg-Zn-Ca alloy substrate, as well as improve bone response [170, 171] . In addition, the Ca-deficient HA coated MgZn-Ca alloy exhibited local peeling-off coating and faster degradation under the compressive stress close to the human tibia [213] .
3.3.2.3. Biomimetic deposition. The biomimetic process is based on simple chemical immersion techniques to produce Ca-P coating on the substrate wherein different kinds of solutions have been adopted. Keim et al. [174] and Zhang et al. [214] reported the preparation of bone-like calcium phosphate coating by immersing Mg substrate into concentrated SBF for 24 h. A Ca-P coating was then obtained, which could delay the degradation of pure Mg and enhance cell adhesion and spreading. Yang et al. [176] reported the slower degradation of AZ31 with a calcium phosphate coating prepared by 48 h immersion in supersaturated calcification solution (SCS). The pH of the solution investigated above is neutral.
Recently, Gray-Munro et al. [215] found that the calcium phosphate coatings were better deposited onto Mg alloys under mildly acidic conditions. The kinetics of the biomimetic deposition was influenced by the anodic dissolution of Mg substrate, leading to a poor crystalline Mg containing HA coating formed on the surface. Wang et al. [47] indicated that the calcium phosphate coating was effective to reduce the degradation of AZ31B and also noted that the coated AZ31B maintained 85% of the initial strength integrity after a 120 d immersion in SBF. In addition, the coating was found to gradually degrade and even disappear in vitro and in vivo with degradation products simultaneously depositing on the Mg alloy surface [47] . Its simplicity in preparing the coating solution could not only be counted as advantageous, because other easily inserted biocompatible ions could also invaluably benefit the biomimetic coating. Zhang et al. [175, 216, 217] and Singh et al. [218] successfully incorporated Zn and Si into the biomimetic calcium phosphate coating, which exhibited good protection of the Mg alloy substrate and improved surface cytocompatibility.
Sol-gel treatment.
Sol-gel coating is prepared using a colloidal solution as the precursor to synthesize an integrated network, which will be further crystallized at high temperature to generate a porous, nanocrystalline coating with a controlled microstructure. Hu et al. [178] prepared a nano TiO 2 coating on AZ31 by the sol-gel method, and found that the degradation behavior of the resulting coating film depended upon the annealing temperature (250-400 8C) and time (1-2.5 h). With increasing annealing temperature, the size of nanospherical TiO 2 particles increased and led to an increased degradation rate. Moreover, the degradation rate decreased with prolonged annealing time at 300 8C. Roy et al. [179] used the calcium nitrate, phosphorus pentoxide and tetraethyl orthosilicate as precursors and obtained the porous coating ($50 mm) composed of nano sized Si-containing calcium phosphate particles. The incorporation of Si improved the crystallization of the HA, but did not alter the degradation kinetics of the Mg-4Y alloy substrate. The coatings were found to be stable for at least 3 d in vitro before parts of the coatings would peel off. Improved adhesion and proliferation of MC3T3-E1 cells were observed on such Si-containing Ca-P sol-gel coating.
3.3.2.5. Organic and polymer coating. The organic and polymer based coatings have attracted great attention because of their potential for drug delivery systems and their ability to function with organic biomolecules. The degradable polymer based coatings are assumed to provide the protection of the Mg alloy substrate in the early stage and gradually degrade with time. Several degradable polymer coatings, such as polycaprolactone (PCL) [186, 219, 220] , poly(L-lactic acid) (PLLA) [186, 220] , poly(DLlactide-co-glycolide) (PLGA) [221] , and chitosan [222] , were applied to Mg alloys by dip coating, spin coating, and spraying methods. The above degradable polymer coatings were shown to slow down degradation and improve surface biocompatibility of the alloys, as confirmed by the enhanced cell attachment and proliferation on the coatings [186, [219] [220] [221] [222] . Generally, the thickness and quality of the coatings mainly depend on the viscosity of the polymer medium, which in turn depends on the molecular weight and concentration of the polymer that would further influence the protective effect of the coatings. Li et al. [221] found that higher (4%) concentration of the PLGA solution for dip coating would lead to a thicker coating (72 AE 5 mm) than the solution with a lower (2%) concentration (33 AE 5 mm), but both PLGA coated Mg-6Zn alloys exhibited similar degradation behavior. Wong et al. [219] applied two different concentrations (2.5% and 3.33%) of PCL solution to modify the PCL membrane by spraying different pore sizes and porosities. Both in vitro and in vivo corrosion tests indicated that the AZ91D coated with low porosity PCL membrane exhibited slower degradation than that with high porosity membrane [219] . Xu et al. [186, 220] reported the preparation of uniform and non-porous PCL and PLLA coatings on extruded Mg under spin coating condition. The PLLA coating, exhibiting an amorphous nature, provided better protection effect and bonding to Mg substrate in comparison with the semi-crystallized PCL coating. For both coatings, the low molecular weight (LMW) polymers resulted in a thinner coat and better adhesion strength than the high molecular weight (HMW) polymers whereas faster degradation was observed for LMW coated Mg alloys. Gu et al. [222] reported that the six-layer coating prepared by chitosan with a molecular weight of 2.7 Â 10 5 had a smooth and intact surface morphology and provided better protection of Mg-1Ca alloy substrate. Some non-biodegradable polymer coatings have also been proposed to modify the surface of biomedical Mg alloys. Zomorodian et al. [180] reported a glycidoxypropyltrimethoxysilane (GPTMS) based coating on AZ31 comprising an inner dense layer with $1.5 mm in thickness and an outer porous layer of a few hundred nanometers. The surface pretreatment of the Mg alloy substrate strongly influenced the coating durability. Pretreatment by hydrofluoric acid was more effective than the mechanical polishing [180] . The single layered poly(ethylene imine) (PEI) [223] and multilayered PEI/(poly(styrenesulfonate, sodium salt)) and PSS/(8-hydroxyquinoline)8HQ/PSS [224] also provided protection to the Mg alloy substrate. The effect of the protection was related to the solvent type, pre-and subsequent treatment (i.e. the degradation behavior was further improved with glutaraldehyde stabilizer). Additionally, a conducting polymer coating was applied using the electrodeposition method, which needed a polystyrene (PS) coating for Mg electrode preparation and the final electrodeposition of 3,4-ethylenedioxythiophene (EDOT) [225] .
Another application of the polymer was to seal the porous MAO or hydrothermal coating with an aim to further reduce the degradation rate of the substrate as well as to support the platform for drug delivery. The MAO/PLGA/paclitaxel (PTX) coating was prepared by the dipping method on AZ81, which improved corrosion resistance and the biocompatibility of the MAO coating [184] . The PTX exhibited a sustained releasing profile with no significant burst release, and the releasing rate could be controlled by the ratio of the LA:GA of the PLGA layer [184] . Xu et al. [185] also reported a similar drug releasing behavior of a composite coating, containing a cross-linked gelatin with PLGA nano particles and PTX, prepared by the emulsion solvent evaporation/extraction technique on MAO modified WE42 alloy. Ng et al. [226] prepared a Mg stearate coating anchored in the Mg(OH) 2 layer formed during the hydrothermal treatment. This double-layered coating improved the corrosion resistance of pure Mg compared to a single Mg(OH) 2 coating.
Physical methods
The surface modification methods of biomedical Mg alloys based on the physical treatment include ion implantation, plasma immersion ion implantation [187, 227] and deposition (PIII&D) [228] , ion-beam assisted deposition (IBAD) [191, 192] , physical vapor deposition (PVD) [193, 194] , plasma enhanced chemical vapour deposition (PECVD) [195] , and ion plating [229] .
Ion implantation is a process that introduces the energetic ions into the surface layer of the metal substrate via bombardment.
Aiming at improving the corrosion resistance, several passive elements have been implanted with Mg in order to form a metal oxide layer on the surface, including Cr, Zn, Al, Zr, and Ti. Unexpectedly, the inclusion of Cr and Ti induced the galvanic corrosion and resulted in accelerated degradation [227, 230] while adding the element Al could slow down the degradation due to the aluminum oxide layer [231] . Wan et al. [187] also reported the increased degradation rate of Mg-Ca alloy after implantation of Zn ion at 60 kV. Wu et al. [190] implanted O and observed a much thicker oxide layer on the surface of Mg-Zn-Nd-Zr alloys; however, this technique contributed little to the enhancement of corrosion resistance. The combination of prior implantation of the passive elements (i.e. Cr and Al and the following O) could thicken the metallic oxidized surface layer and retard the surface degradation of Mg [189, 190, 227] . In contrast, Liu et al. [228] adopted the PIII&D technique to introduce Ti, Al, and Zr individually into AZ91 at 10 kV. An implanted layer with a trilayer microstructure was obtained with an outer layer composed of mainly metal oxide with a small amount of MgO and Mg(OH) 2 , an intermediate layer containing metal oxide and metallic implanted particles, and a bottom layer rich in implanted metallic elements. Among three groups, the implantation and deposition of Al provided the best protection to AZ91 substrate owing to the compact Al 2 O 3 and intermixed layer [228] .
In the case of IBAD techniques, Yang et al. [191, 192] indicated that IBAD coating (CN and CaP coating) significantly increased the surface hardness and elastic modulus and also slowed down the degradation of AZ31. The ion-plating of Ti coating also benefited in delaying the degradation of pure Mg [229] .
The above-mentioned elements Cr, Ti and Al are reported for theoretical purposes but would not be recommended for biomedical applications.
Comprehensive comments on the current surface modification techniques
The main purpose of surface modification of Mg-based BMs is to slow down their degradation rate. Most of the reported coatings can reduce the degradation rate of the Mg alloy substrate to different extents. As shown in Fig. 5 , the reduction of the degradation rate ranges from $20% to over 90% after surface modification. However, the degradation of the coated Mg alloys is suppressed but not stopped. The cracks or defects could be observed on the coating as the degradation process continues, which might accelerate the degradation of the substrate locally. For example, Gu et al. [165] reported the presence of cracks on the 360 V MAO treated Mg-1Ca alloy after 50 d of immersion in Hank's solution. Therefore, the durability and integrity of the coat is crucial for the lifetime of medical devices fabricated from Mg-based BMs, which is related to the topography and bonding strength of the coatings to the Mgbased BM substrate.
The coating topography shows a significant impact on effectiveness of the coating on Mg-based BMs. Theoretically, a thick and compact coating will better resist the corrosion of the Mg based BM substrate. However, it is almost impossible to get a complete compact coating by chemical methods because of the hydrogen bubbles generated during coating. Thus, a pre-treatment to improve the corrosion resistance of the substrate could also benefit the quality and the resulted protection effect of the coating. Fig. 6 presents the surface morphology of coatings prepared by different methods. The alkali-heated, biomimetic deposited, and electrodeposited coatings exhibited rough and crystallized surface morphologies with thickness ranging between 0.2 and 300 mm.
These three coating were composed of the pile-up crystals precipitated from the treating electrolyte and, thus, usually revealed a relatively loose coating structure. The fluoride treatment and the spin-coated PLLA coating produced a relatively smooth surface but limited coating thickness ($several micrometers). The above-five coating methods protect Mg-based BM substrate in a similar way. The MAO coating, with a porous outer surface but a compact inner underneath surface feature, could protect the Mg based BM substrate most effectively, as shown in Fig. 6(d) .
The bonding strength of the coating to the substrate is strongly influenced by the surface modification method. The coatings prepared by chemical methods indicate relatively low bonding strength in the order of several MPa. For example, Sekiguchi et al. [233] reported that the shear strength of chemical conversion coatings on AZ31 and AZ91D ranged between 3 and 16 MPa. The spin-coated PLLA and PCL coatings showed close bonding strength ranging between 1.5 and 4.1 MPa [186] . The bonding strength can be significantly improved by the electrochemical methods. The calcium phosphate coatings prepared by the pulse electrodeposition, which exhibited the positive and reverse pulse currents, improved the shear strength between the coating and Mg alloy substrate to 41.8 MPa [171] in comparison with the traditional electrodeposited HA coating (14 MPa) [234] . As the degradation of the Mg alloy substrate proceeds, the bonding strength of the coating with the substrate decreases.
The development of different coating technologies targeted different clinical applications, such as coronary stents and orthopedic implants. As summarized in Table 3 , great interest has been focused on Ca-P based inorganic and degradable polymer coatings, mainly aiming at bone implants and intraluminal stent related applications, respectively. In general, rough Ca-P based inorganic surfaces obtained by the alkali-heated, MAO, biomimetic deposition, electrodeposition, and sol-gel methods are not appropriate for stent application, whereas biopolymer coatings are helpful for enhancing the hemocompatibilty of the bare Mg-based BM, especially at the initial implantation stage. 
Animal testing and clinical trials of Mg-based biodegradable metal implants

Animal testing of Mg-based biodegradable metal implants within bone
Over 20 kinds of Mg-based BMs have been evaluated within bones of small (rats, guinea pigs, and rabbits) and large (sheep) animal models to characterize the in vivo corrosion as well as the bone response. The results are summarized in Table 4 .
(1) Mg-based BMs indicate good biocompatibility in bone. All of the conducted research reported enhanced new bone formation around the implants of Mg-based BM and in the vicinity including enhanced local periosteal and endosteal bone formation. The degradation product layer on experimental Mg-based BM implants revealed high deposition of Ca-P based mineral. Half of the cases in which bare Mg-based BMs were implanted showed direct contact between the layer of degradation product and new bone, while the rest indicated the presence of a fibrotic layer or a gap between the degradation product layer from bare Mg-based BM implant and the new bone, as listed in Table 4 . Zhang et al. [242] indicated that the layer comprised of two distinct membrane structures with many fibroblasts in one that is closer to the bone. This layer was still present six months post-surgery. All of the cases with modified surfaces demonstrated a direct contact between Mg-based BM implant and the new bone without the fibrotic layer. (2) The subcutaneous gas cavities were observed in approximately 70% of the reported cases for bare Mg-based BM implant (see Table 4 ), which usually initiated in the early stages (7-30 d) of implantation and gradually disappeared without special treatment but with moderate inflammatory response. Witte et al. [53] considered the formation of gas cavities to be related to the anatomical implantation sites because of different hydrogen solubility and diffusion coefficients in different tissues. Therefore, the local gas cavities could be avoided for the Mg-based BMs exhibiting slower degradation rates with less hydrogen generation per time interval. The gas cavities were not observed in all cases of the surface-modified Mgbased BMs. There was an exceptional case in which no gas formation was observed in a fast degrading RS/PM Mg-5Bi-1Ca alloy that almost completely dissolved in four weeks [246] .
Remennik et al. [246] attributed the lack of local gas cavities to the fine microstructure (grain size $2 mm), which restricted the coalescence of hydrogen gas bubbles on the metal surface. Thus, the large gas-liquid surface enhanced hydrogen dissolution and local removal from the corrosion front. Table 4 ). Furthermore, the degradation of the implanted Mg-based BM was also strongly related to the local microenvironment (local perfusion, stress, pH) at the anatomical implantation sites. The Mgbased BM implant exhibited a faster degradation within the bone tissue or areas with high blood supply (i.e. marrow cavity or the cancellous bone) than within the cortical bone tissue [240] . Zhang et al. [242] found that up to 95% of the extruded Mg-Mn-Zn alloy implants degraded in the bone marrow in comparison to 5% in the cortical bone six weeks post-surgery. Remennik et al. [246] revealed that, depending on the area of implantation, degradation rate could be ranked in the following order: subcutaneous > muscle > bone. (4) The fast degeneration of mechanical integrity of bare Mg-based BM needs to be improved independent of the implantation site. From Table 4 , surface coating could provide the protection of Mg-based BM substrates in the early stages of implantation, exhibiting slower degradation and higher corrosion uniformity and, thus, slow down the strength decay. The Mg-0.8Ca alloy indicated a 40% loss in volume and resulted in 70% loss in bending strength while a 25% volume and 55% decay in strength were observed when coated with the MgF 2 layer over a six-month period of implantation [237] .
Animal and clinical testings on Mg-based biodegradable metal implants within blood vessels
To date, AE21 and WE43 bare stents were investigated with animal models, and the Mg based absorbable metal stent (AMS) was designed and evaluated in both animal tests and clinical trials, as summarized in Table 5 . It can be seen that these Mg-based BM stents are associated with a high procedural success rate and are well tolerated within different kinds of blood vessels, such as coronary and pulmonary arteries, and lower limb vessels (see Table 5 ). The degradation of Mg-based BM stent was safe with acceptable host responses in animals and humans, even a newborn baby. However, intimal hyperplasia and the resulting reduction of [232] , (b) alkali-heated coating [162] , (c) biomimetic deposition [214] , (d) MAO coating [200] , (e) Electrodeposited [169] , and (f) PLLA coating [186] . Nearly all cases reported the unexpected high restenosis rates in follow-up observations because of negative vascular remodeling and the intimal hyperplasia [259] . As summarized in Table 5 , the Mg-based BM stents exhibited a progressive degradation within blood vessels ranging from $60 d to $5 months. However, a much faster decay of mechanical integrity and the resulting fast degeneration of stent radial force could be expected. Heublein et al. [247] reported a positive vascular remodeling resulting in the re-enlargement of the lumen diameter between 35 d and 56 d follow-up. Schranz et al. [253] reported the Mg-based BM stent struts were substituted by a jelly-like CaPO 4 compound and fibrotic structure in a treatment case for critical recoarctation of the aorta in a newborn; and the stented vessel segment was flexible without influencing the surgical patch augmentation.
To overcome the limitations of the first generation of AMS, AMS-3 (named DREAMS) was developed with modifications to its chemical composition, strut design, and fast degradable polymercoating carrier with an anti-proliferative drug. The preclinical studies showed prolonged scaffolding and stent integrity, less neointima proliferation, and increased radial force [263] . The first animal trial in the porcine model showed promising results in terms of the safety and efficacy for sustaining anti-proliferative effects up to 90 d and significant improvement in lumen diameter at 14 d and 28 d follow-up if compared to the bare AMS [263] . The one-year follow up of the clinical trial for BIOSOLVE-I DREAMS with 46 patients enrolled revealed significantly reduced lumen loss from six to twelve months, which was considered as a result of plaque regression and late expansive remodeling. In addition, the natural vessel angulation was observed in the six-month follow-up and maintained at twelve months, suggesting the real restoration of the vessel's natural architecture [261] . But, the study suffers from ''the absence of a direct comparison with other permanent stents or scaffolds.'' Furthermore, it included only a few patients with simple lesions; thus, the results cannot be generalized to other types of lesions and findings need to be confirmed in larger studies [264] .
Iron-based biodegradable metals
Development of Fe-based biodegradable metals
Compared with Mg-based BMs, Fe-based BMs have similar mechanical properties to stainless steel and are more attractive from a structural point of view (Table 6 ). However, the preliminary animal tests have revealed a slow degradation rate in vivo. Large portions of the pure Fe stent remained intact in the blood vessels twelve month post-surgery, which was considered to cause reactions similar to those found in permanent applications [77] . A more serious limitation is that its ferromagnetism negatively impacts the compatibility with certain imaging devices, such as the magnetic resonance imaging (MRI). Hence, research has focused on the development of new kinds of Fe-based BMs by modifying the chemical composition, microstructure, and surface of Fe with diverse manufacturing process technologies including casting, powder metallurgy, electroforming, and inkjet 3D-printing, to achieve a faster degradation and improved MRI compatibility, as illustrated in Fig. 7 . For example, powder metallurgy Fe-Mn alloy had a faster in vitro degradation compared to the same alloy produced by casting because of the PM process porosity increasing the degradation rate. Electroformed iron also showed a faster in vitro degradation compared to Armco 1 Fe fabricated by casting since the electroformed material had a much finer microstructure with increased volume of grain boundaries, which are more susceptible to corrosive attack [273] .
Alloying, subsequent processing, and heat treatment are common approaches to modify the mechanical, corrosion, and ferromagnetic properties of pure Fe [274] . Based on the microstructural, corrosion, magnetic, and toxicological considerations, Mn has been shown to be a suitable alloying element. Mn lowers the standard electrode potential of Fe [270] and exhibits anti-ferromagnetic behavior with 29 wt.% of addition [275, 276] . Moreover, Mn is a trace element that is necessary in many a The electrolyte was simulated body fluid (Kokubo), while the other electrolytes were Hank's solution, PBS or 0.9% NaCl. b The chemical composition was in atom percentage, while the others were in weight percentage. Fig. 7 . Status of present research on Fe-based biodegradable metals.
enzymatic reactions. As summarized in Table 6 , alloying with Mn increases the strength and degradation rate of pure Fe (i.e. as-cast Fe-30Mn (wt.%)) [271] . Liu et al. [271] also indicated that the addition of 6 wt.% of Si in Fe-30Mn established the shape memory effect, with which a recovery ratio 53.7% could be reached when the sample was deformed to the total strain of 3% and the exact pre-strain of 2.73%. A study by Xu et al. [272] reported that the asforged Fe-30Mn-1C alloy showed significantly improved UTS and elongation up to 1010 MPa and 88%, respectively, which were exceedingly higher than those for 316L SS (490 MPa, 40%), and could simultaneously further reduce the magnetic susceptibility of the alloy. Enhanced degradation behaviors were observed for Fe30Mn-6Si and Fe-30Mn-1C alloys in comparison with Fe-30Mn alloy [271, 272] . Schinhammer et al. [270] indicated that adding 1 wt.% of Pd into the as-forged Fe-10Mn alloy could improve the tensile strength but weaken the ductility. High UTS (>1400 MPa) at ductility levels above 10% could be achieved by the subsequent heat treatment. The degradation rate of Fe-10Mn-1Pd accelerated ten times that of low carbon steel. Schinhammer et al. also did a study for Fe-Mn-C(-Pd) alloys [277] . The Fe-Mn-C-Pd alloys are characterized by an increased degradation rate compared to pure iron. The highest degradation rates of %0.21 mm year À1 in SBF were measured for the TWIP-1Pd CW12-700 samples. The increase in the degradation rate compared to the TWIP samples was by a factor of 1.6. The results of cytotoxicity test for TWIP-1Pd show that it is mainly Mn that limits the cytocompatibility of the alloys [278] . Liu et al. [45] investigated the effect of eight alloying elements (Mn, Co, Al, W, Sn, B, C, and S) at 3 at.% on the degradation and biocompatibility of pure iron, and recommended using Co, W, C, or S as the alloying element for pure Fe, due to their appropriate mechanical properties, faster degradation rate, and the accepted cyto-and hemo-compatibility.
The powder sintering process has tried to fabricate Fe-based BMs. Hermawan et al. [275, 276] prepared the Fe-Mn binary alloys containing 20-35 wt.% of Mn through the powder sintering process from high purity Fe and Mn powders followed by a series of cold rolling and resintering cycles. Fe-20Mn and Fe-25Mn were constituted of g + e phases. Both alloys showed higher ultimate strength (702 AE 11 MPa for Fe-20Mn and 723 AE 19 MPa for Fe-25Mn) but less ductility (7.5 AE 1.5%, 4.8 AE 0.4%) and degradation rates (0.5 AE 0.1 mm/yr for both alloys) than Fe-30Mn (518 AE 14 MPa, 19.0 AE 1.4%, 0.7 AE 0.1 mm/yr) and Fe-35Mn (428 AE 7 MPa, 32.0 AE 0.8%, 0.7 AE 0.1 mm/yr), which were composed of a single g phase. In addition, the magnetic susceptibility of the Fe-Mn alloys decreased as Mn content increased, but it was not changed by the plastic deformation [275, 276] . Metabolic activities of 3T3 fibroblasts were closely observed for the Fe-Mn alloy powders with different Mn contents. The inhibition effect increased with increasing powder concentrations [56] . Wegener et al. [267] prepared the Fe-C, Fe-P, Fe-B, and Fe-Ag alloys through the PM methods. It was revealed that alloying element P features beneficial properties in density and strength, but it increases the degradation rate of the resulting Fe-based BM.
Moravej et al. [279] prepared the pure Fe films using an electroforming technology. The texture and microstructure of the electroformed pure Fe varied with electrodeposition current density. The pure Fe film deposited at 2 A/dm 2 showed a strong h1 1 1i//ND texture with the average grain size $4 mm and the most uniform degradation. After annealing at 550 8C, the YS and UTS decreased to 270 AE 6 MPa and 292 AE 14 MPa, respectively, while its ductility improved to 18.4 AE 4%, which was better than the as-cast pure Fe [265] (Table 6 ). Both static and dynamic in vitro degradation tests indicated a faster corrosion rate of the electroformed pure Fe than that of as-cast pure Fe, which could be attributed to the fine-grain structure and structural defects in electroformed pure Fe [265, 280] . Nie et al. [266] found that nanocrystalline pure Fe prepared by the ECAP technique exhibited superior strength and much stronger corrosion resistance than that of commercial pure iron (Table 6) . Increasing ECAP pass resulted in higher strength and decreased degradation rates as well as improved uniform degradation behavior of the pure Fe. In addition, the nanocrystalline pure Fe better stimulated the proliferation of L929 and ECV304 cells, while inhibited the viabilities of VSMCs.
In order to achieve a faster degradation rate of pure Fe, a variety of secondary phases were added into Fe matrix to generate microgalvanic corrosion between Fe matrix (anode) and secondary phases (cathode). Tungsten (W) and carbon nanotubes (CNTs) are conductive and act as superior cathodes. 
Surface modification of Fe-based biodegradable metals
Only three related literatures [282] [283] [284] are available, and claimed to slow the degradation of Fe as well as improve the surface biocompatibility by modifying the surface, as opposed to the above-mentioned strategy of development of new FebasedBMs (i.e. to accelerate its biodegradation rate). Zhu et al. [282] prepared Fe-O thin films on pure Fe by plasma immersion ion implantation and deposition (PIIID). It indicated that Fe-O film fabricated under low oxygen flux effectively reduced the degradation rate of pure Fe. Besides, Fe-O film reduced the number of adhered platelets, restrained the activation of platelets, and favored the adhesion and proliferation of HUVECs. Zhu et al. [283] also implanted lanthanum ion into pure Fe and obtained a similar effect on the degradation and biocompatibility of pure Fe compared to the Fe-O film. In addition, pure Fe was modified by plasma nitriding and the nitride layer, which was composed of epsiv-Fe 2-3 N and gamma-Fe 4 N and greatly decreased its degradation rate [284] . Table 7 summarizes the literature on animal tests for biodegradable Fe stents to present. In 2001, Peuster et al. [285] evaluated the feasibility of Fe stents (99.8%) by implanting stents into the descending aortas of New Zealand white rabbits. A continuously intact endothelial surface was found on the implanted stent without thrombus formation. Similar luminal area was observed and then compared with the native descending artery during the following six to eighteen months. There was pronounced accumulation of degradation products at the junctions of the stent struts, resulting in slightly elevated vessel walls and a focal brownish discoloration of the intima [285] . Later on, they evaluated the long-term biocompatibility of pure Fe (>99.5%) stent in the porcine descending aorta for 360 d in comparison with 316L SS stents [77] . The results were in agreement with those reported in 2001. No signs of Fe overload or Fe-related organ toxicity were found and the amount of neointimal proliferation from Fe stents was comparable with that from 316L SS stents. Moreover, Waksman et al. [286] explored the short-term safety and efficacy of pure Fe stents in porcine aorta and found no significant differences in any of the vascular, inflammatory, and healing parameters measured between Fe and Co-Cr stent groups.
Animal testing on Fe-based biodegradable metal implants
Mueller et al. established a small animal model to evaluate the potential of iron as a degradable implant material [288] . The rolled Fe foils were inserted into the tails of mice. Histological and gene expression analysis showed that iron implants degraded slowly and lead to a mainly local accumulation of iron deposits that was accompanied by a limited inflammatory reaction without indications of toxic effects.
Pierson et al. [287] developed an arterial wire implantation model by implanting Fe wire into rat artery lumens or artery walls to simulate different arterial environments, (i.e. stent blood contact and stent matrix contact). Substantial corrosion of Fe wire within the artery wall was found in both short-term and longterm degradations whereas blood-contacting wire implants were preserved from corrosion. Besides, bio-corrosion products of the Fe wire retained within the encapsulating neointima in an expanded form.
Wu et al. [289] implanted eight iron stents into the coronary artery of eight healthy mini-swine for four weeks using eight Vison stents as a control. The neointimal proliferation of iron stents was similar to that of Vison stents. There were no thrombosis, inflammation, or necrosis in both groups. Percentage of neointimal coverage measured by SEM was 84% and the stent strut coverage measured by optical coherence tomography (OCT) was 99%.
Feng et al. deployed bio-corrodible nitrided iron stents in juvenile pig iliac arteries. After one month, a nearly intact layer of endothelial cells formed on the stented vessel wall. At three or six months post-operation, the stented vessels remained well patented [269] .
Other biodegradable metals
5.1 Zn-based alloys
Vojtěch D et al. [290] prepared binary Zn-Mg alloys containing Mg content up to 3 wt.% for medical applications, and found that the addition of 1 wt.% Mg significantly improved the mechanical properties of pure Zn (from UTS $30 MPa, Elong. $0.25% to UTS $110 MPa, Elong. $1.75%) while higher Mg content reduced the mechanical properties. Pure Zn and binary Zn-Mg alloys exhibited close corrosion rates ($0.018-0.145 mm/yr), which were significantly lower than those of Mg and AZ91HP alloys. Wang et al. [291] fabricated the Zn-Mg alloys with Mg content being 35, 40 and 45 wt.%, and found that the micro-hardness of Zn-Mg alloys increased with the decreasing Mg content and the increasing cooling rate. Zn-40Mg alloy exhibited better corrosion resistance than the other two alloys.
Tungsten
Tungsten has been explored for its versatility as an embolic material for the occlusion of neurysms and tumor-nourishing vessels [292, 293] . Tungsten is also considered to be degradable due to the fact that an elevated level of tungsten in both blood and urine were induced after the implantation of tungsten embolization coils in patients [292] . To evaluate the local or systemic toxicity of tungsten, Peuster et al. [293] implanted tungsten coils into sub-clavain arteries of New Zealand rabbits. They found that the corrosion of tungsten coils led to a steady increase in serum tungsten levels starting as early as 15 min after implantation. The mean serum tungsten level rose from 0.48 mg/l to 12.6 mg/l after four months of implantation while no associated local or systemic toxicity was observed. In addition, Peuster et al. [294] also assessed the in vitro degradation kinetics and cytoxicity of tungsten coils on human cells. Only very high (>50 mg/l) tungsten concentrations resulted in local cytopathological effects on human endothelial, smooth muscle cells, and human dermal fibroblasts. However, tungsten degrades rather slowly (29 mg/day [294] ), which may only be suitable for very small volumes of implant applications. Pure iron stent Rabbits, descending aorta 6-18 months No thrombogenicity, no significant neointimal proliferation and systemic toxicity, faster degradation at junctions of the stent; locally discoloration of intima [285] Pure iron stent Porcine, descending aorta 360 days Complete coverage of neointima after 14 d; accumulation of degradation product adjacent to the stent struts and within adventitia accompanied by macrophages; disintegration of struts after 1 year with large portions of the stent residue; no sign of iron overload or ironrelated toxicity [77] Pure iron stent Porcine, coronary arteries 28 days Locally discoloration of the vascular wall adjacent to the stent; degradation was evidenced at 28 d; similar vessel parameters to Co-Cr stent [286] Pure iron wire Rat, artery lumen or artery matrix 1-9 months Fe wire experienced substantial corrosion within artery matrix, whereas experienced minimal biocorrosion in blood-contacting environment [287] Nitrided iron stent Porcine, iliac arteries 12 months A nearly intact endothelial cells layer formed on the stented vessel wall; a decreased inflammation scoring, $30% loss of in-stent luminal diameter, $47% reduced strut thickness and corrosion product accumulation 12 months postimplantion [269] 5.3. Ca-based, Sr-based and Zn-based bulk metallic glasses (BMGs)
Besides the Mg-based BMGs, Ca-based, Sr-based, and Zn-based BMGs have also been developed as candidates for biodegradable metals.
Wang et al. [58] 6. Design and processing of BMs -from raw materials to final medical devices All steps are inseparable from selecting the materials, processing them into semi-products, designing devices, and manufacturing to the performance of the device in its final form as an implant. As a result, an integrated investigation for the material, design, and performance of the device is needed for BMs, as illustrated in Fig. 8 with a generalized system design chart.
6.1. Design and processing of BM raw materials into semi-products 6.1.1. Alloy design of BM by theoretical calculation
The computer-aided design can provide valuable information and guidance to the experimentalists for implementing appropriate experimental designs and alloy development strategies at reduced time and cost.
Velikokhatnyi et al. [301] used the density functional theory implemented in the Vienna Ab-initio Simulation Package to investigate the effects on thermodynamics of the overall reaction of the alloy with pure water by introducing different alloying elements (Ca, Zn, Y, Al, and Fe) into Mg crystal lattice. The results showed that Fe and Zn retarded the hydroxide film formation at the metal surface but, because of the relatively low chemical and structural stability of the film, the corrosion characteristics of these alloys under physiological conditions deteriorated with respect to undoped Mg. Alloying with Ca, Y and Al helped form a more stable and chemically less reactive hydroxide protective film due to the stronger cohesive energy, possibly better stabilizing the alloys with stronger corrosion resistance.
Based on DFT calculations, Muzyk et al. [302] the alloys with Pb and Sn, which greatly decrease the energy barrier for partial dislocations and stacking fault formations. The highest energies of g SF were found for Mg alloyed with Ag, Cu, Fe, Mn, Ni, Ti, and Zr. The most pronounced tendency for emission of partial dislocations and for mechanical twinning is expected for alloying with Al, Ti, Zn, and Zr. These results have potentially important implications for the design of high-strength Mg-based BMs, which generally exhibit low yield strength due to the lack of efficient strengthening mechanisms.
Processing of BM raw materials into semi-products
The subsequent deformation processes, such as extrusion, rolling, and forging, are also known to modify the microstructure and the mechanical properties of given as-cast BMs. Fig. 9 shows the mechanical and degradation properties of two representative BMs in the cast and wrought state, Mg-based and Fe-based BMs. The wrought Mg-based BM reveals improved yield tensile strength and elongation to fracture than that of the as-cast Mg-based BM counterpart. The severe plastic deformation (SPD) techniques can further refine the microstructure of Mg-based BMs with the final grain size of several micrometers and improved ductility. The deformation process also benefits the degradation behavior of wrought Mg-based BM with a given composition. The degradation rate drops to a relatively lower value and varies in a small range compared to the as-cast Mg-based BM as shown in Fig. 9(b) . However, the SPD techniques contribute little to the degradation behavior compared to the wrought Mg-based BM.
For Fe-based BMs, the deformation process (rolling in this case) also increases the strength of as-cast Fe-based BMs but deteriorates the ductility and contributes little to the degradation behavior. The workability of Fe-based BMs, in general, is quite good and the process technology is well-established. For example, various high quality pure iron wires, plates, foils, micro-foils, tubes, and rods with various diameters/thicknesses are commercially available in tons. In contrast Mg-based BMs shows limited ductility and poor workability at room temperature because of the hexagonal crystal lattice [82] . Currently the studies on the formability of small sized semi-products that are made of Mgbased BMs (i.e. wires and tubes) are quite limited.
(1) Wires: Wires made of pure Mg (99.99% purity) with a diameter of about 0.1 mm for biomedical applications (sutures, knots) have been reported in 1920 by Seelig et al. [7] . Recently pure Mg (99.95% purity) and AZ31 wires, with the smallest diameter of 0.4 mm, have been fabricated through the extrusion and drawing process [306] [307] [308] . The extruded AZ31 wires with 2 mm in diameter were drawn through several passes and annealed at a temperature higher than 200 8C at each pass [308] . Seitz et al. [309] produced the Mg wire (ZEK100 (Zn 1 wt.%, RE 0.5 wt.% and Zr 0.5 wt.%), AX30 (Al 3 wt.% and Ca 0.8 wt.%), AL36 (Li 6 wt.% and Al 3 wt.%), and Mg-0.8Ca (Ca 0.8 wt.%)), with diameters of 0.5, 0.4, or 0.3 mm by a wire-extrusion process from a pre-extruded bars (30 mm in diameter) at 300-450 8C. The extruding forces varied within 600-800 kN. For the drawn and extruded Mg wires, they exhibited dramatically refined grain sizes and improved tensile strength of 300-400 MPa [308, 309] . However, the dramatically reduced ductility was observed from drawn AZ31 wires, extruded ZEK100, and Mg-0.8Ca wires. The resulting extruded AX30 and AL36 wires exhibited elongation values close to those wires forming extruded profiles ($10%), which were able to form tight knots. Additionally, Mg 67 Zn 28 Ca 5 BMG wires with great surface quality were produced via a melt-extraction setup that was designed in-house [148] . These wires exhibited a tensile strength of 675-894 MPa with a characteristic strength of 817 MPa and a Weibull modulus of 20.6 GPa. Moreover, the 99.99% pure Mg wire with 0.2 mm in diameter could be produced [310] .
(2) Tube: The requirements in stent applications challenge the manufacturing of mini-tubes made of Mg-based BMs. A numerical simulation has been analyzed by software from MSC/Superform to form thin-wall tubes made of AZ31 using forward extrusion through hollow casting ingots in order to appropriately choose three major processing parameters: cone angle of female die, friction coefficient, and extrusion ratio. Tubes with the length of 1.5 m, diameter of 20 mm, and two wall-sizes (1.5 mm and 0.6 mm) were experimentally fabricated [311] . Lin [312] prepared two kinds of WE43 tubes (3 mm in diameter and 1 mm in wall thickness; 2 mm in diameter and 0.5 mm in wall thickness) through several extrusion passes. In addition, WE43 mini-tubes with the diameter of 1.7 mm and the wall-size of 0.15 mm are commercially available from VASCCOTUBE [313].
Design and manufacturing of BM medical devices
BM device design
The BMs are potentially adopted for manufacturing cardiovascular stents, bone implants, and wound closing devices, as shown in Fig. 9 . In cases where implants are expected to bear mechanical loads, the designs of BM biomedical devices are particularly challenging given the local corrosion profile of BM, complex device geometries, and the loading conditions to which they are subjected. 6.2.1.1. Finite element analysis. A number of finite element analysis (FEA) studies have investigated the performance of BM stents, to predict stent performance, stress distribution after expansion and associated degradation process in the vessels aiming to optimize the stent design. Grogan et al. [314] compared the performances of Mg alloys, Fe and permanent metallic stents using three stent designs: Generic [315] for permanent metallic stent, Magic stent [260] for Mg, and PUVA stent [285] for Fe. Mg and Fe stents were predicted to exhibit less than 20% and 50% of respective maximum allowable device curvatures. Less than 50% of resistance to longitudinal compression was expected from the permanent metallic stents. To achieve comparable radial strength and recoil of Co-Cr stent, the struts of the Mg and Fe stents require 2.4 and 1.5 times greater cross-sectional areas. Similar results also reported that 48% increased strut width could reduce the maximum principal strain and stress as well as enhance the scaffolding ability by 24% in the work of Wu et al. [316] .
Computational modeling of the degradation process and the associated mechanical integrity degeneration are also investigated in a FE framework. A continuum damage model was developed for Mg alloy stents considering superposition of stress corrosion and uniform corrosion [317, 318] . The former describes the stressmediated localization of the corrosion attack through a stressdependent evolution law while the latter affects the free surface of the material exposed to an aggressive environment. As the model depicted, the beginning of Mg alloy degradation was concentrated mainly at the more deformed locations after stent expansion. The degradation proceeded with the mass loss of the outer surface of the stent, associated with the decreasing mechanical integrity of the stent. The optimized Mg alloy stent, with thicker strut than the Magic stent design, showed decreased maximum principal stress after recoil (163 MPa) and increased half normalized time of vessel recoil [318] . Grogan et al. [319] developed a phenomenological corrosion model in a FE framework to predict the loss of stent mechanical integrity using both pitting corrosion and uniform corrosion models. Pitting corrosion attacks led to a non-uniform breaking down of the stent geometry ( Fig. 10(a) ) while the uniform model in Fig. 10(b) predicted the homogeneity. The experimental results were in good accordance with the numerical results using the pitting corrosion model [319] . Table 8 presents the geometric sizes and properties of different stents. Take the example of a Biotronic Mg alloy stent; it moved from the oldgeneration AMS to new-generation DREAMS (Fig. 8) . The stent strut thickness has been reduced from 165 mm to 125 mm using a modern 6-crown design and the cross section of the stent strut has been changed from rectangular to square, obtaining a higher collapse pressure 1.5 bar than AMS-1. Similar to the FEA results, a NOR-I Fe stent with similar geometric sizes to AMS exhibited much higher supporting strength to the vessels, which is close to the Crossflex stainless steel stent. It is observed that pitting corrosion attack leads to a non-uniform breaking down of the stent geometry, with a localized attack predicted to occur, as circled, in (a) [319] . a The shape of the strut in cross-section has been altered from rectangular (AMS-1) to square (AMS-2 and DREAMS).
(2) Bone implants: The most popular design of BM bone implants is Mg-based BM bone fixation staples [240] and interference screws [321] (see Fig. 8 ). For orthopedic applications, the majority of current studies use Mg-based BM in the form of a solid monolith (bar or rod form). Recently AZ31 sheet was spirally wrapped into a hollow, cylindrical scaffold that contained interlayer spaces (Fig. 8) . This scaffold design was claimed to be advantageous due to its decrease in weight (about 50%) while maintaining mechanical strength and composite elastic modulus. It also had a hollow cylinder shape similar to cortical bone, and the internal open space will allow the in-growth of tissue that facilitates the removal of degradation byproducts [322] .
(3) Wound closing devices: With the increasing importance of natural orifice transluminal endoscopic surgery, endoscopy is gradually replacing open surgery in the gastrointestinal tract. Completely degradable wound-closing rivets offer the combined advantages of miniaturizing the system, reducing the extent of intervention, and allowing efficient and secure tissue joining and wound closure. Several kinds of Mg-based BM wound closing devices, such as sutures, microclips and rivets, have been protyped, as shown in Fig. 8 . For example, a microclip for laryngeal microsurgery was designed with the bioabsorption within two weeks and made of pure Mg and poly-e-caprolactone (PCL)-coated pure Mg [323] . The Mg microclip could be deployed rapidly using modified 2-mm micro-laryngeal cup forceps, which enables the clip to close in a circular shape. In vitro and in vivo tests showed this clip held securely to the vocal fold mucosa. Macroscopic and histological studies showed no significant injury to the contralateral vocal fold [324] .
BM device manufacturing
It is well known that the surface characteristics play a critical role in determining the performances of BMs. Thus, in this respect, the fabrication process used to manufacture devices needs to be especially concerned. This procedure could alter the chemistry of BM surfaces or introduce defects/contaminants and, thereby inadvertently alter the implant performance.
Some studies have been conducted on the machining and polishing of Mg-based BMs, given their high chemical activity and relatively soft matrix, which might easily change the surface chemistry.
(1) Machining: The machining of functional elements such as holes and threads of orthopedic implants is usually required using wire electro discharge machining (EDM), turning, or milling techniques. The generated heat is one of the main problems for Mg-based BMs machining that may lead to ignition of the chips. Guo et al. [153] reported a safely performed high speed dry milling for an Mg-0.8Ca alloy using polycrystalline diamond (PCD) tools with process characteristics of lamella structured chips and slight flank build-up. In turning AZ91, no adhesion on flank face occurred using carbide tools coated with PCD compared to uncoated and TiN-coated carbide tools [151] . This is related to lower friction between PCD coating and Mg plus the higher thermal conductivity of PCD, which caused lower heat generation and faster heat conduction from the cutting edge zone, respectively. Additionally, several kinds of coolants are used to reduce the surface temperature on Mg alloys. In contact with water-based coolants, Mg tends to have chemical reactions and forms hydrogen, which is extremely flammable. Oil-based lubricants introduce the danger of oil mist explosions. However, Salahshoor et al. [154] used the dual-purpose oil serving as both lubricant and coolant during the ball burnishing process on the Mg-0.8Ca alloy, which can effectively reduce the temperature indicating only a 5-6 8C increase in the applied pressure range. Pu et al. [156] compared the influence of dry and cryogenic machining (spraying the liquid nitrogen on the machined surface) using different cutting edge radius tools on the surface integrity of AZ31B and found that the cryogenic machining with a large cutting edge radius could lead to the desired surface finish. Besides, Klocke et al. [325] reported the wire electro discharge machining technique for WE43. The applied trim cut with sequential decreasing discharge energies could effectively improve the surface integrity and reduce the surface roughness. (2) Laser machining or laser cutting: Very few reports could be found on the laser cutting of Mg-based and Fe-based BMs. Without surface coatings to raise absorption of laser beam, extruded AZ31 sheets of 1 mm thickness were able to be successfully cut by a carbon dioxide laser at the condition of beam power 400 W and feeding speed 25 mm/s [326] . The average height of drosses was about 300 mm when feeding speed was larger than 12 mm/s. Furthermore, by using argon as assist gas, processing damages like cracks and pores were inhibited. However, the oxidation of laser-cut surfaces was not depressed perfectly; some oxides were observed in drosses and at the top edge of cut surfaces. The thickness of the melted and resolidified layer was 7 mm at the upper part of cut surface and 24 mm at the lower part. The re-solidified layer consisted of two thin layers at the lower part of the cut surface. Refined pores less than 1 mm were observed at the interface of these two layers [327] . Additionally, Peuster et al. [285] applied the laser cutting in a nitrogen atmosphere to prevent the corrosion of Fe stents. (3) Polishing: The finishing process of a BM surface is important to increase the quality of products. Electropolishing is usually performed to remove burrs and mechanical defects resulting from the heat ablation of the laser cutting, etching, and forming steps and to achieve a smooth product surface. Magnetic abrasive polishing (MAP) has been verified on the AZ31 with an improving strategy of the magnetic force with a permanent magnet [327] , since it equipped with flexible tool including iron powder and abrasive particle. Not only is the cutting force and generated temperature lower than other machining processes, it is also possible to polish the free surface of products. (4) Sterilization: The available reports on sterilization methods include disinfecting of Mg-or Fe-based BM implants by ethylene oxide before implantation [243] , sterilizing by exposure to g-radiation (25 kGy, 6-8 h) [108, 240, 285] , and UV radiation (30 min in a Procleaner device) [287] . There was a recent comparative study on the effects of various sterilization methods on surface characteristics and biocompatibility of pure Mg and Mg-Ca alloys [328] , including steam autoclave sterilization, ethylene oxide steam sterilization, glutaraldehyde sterilization, dry heat sterilization and Co60 g-radiation sterilization technologies. It indicated that Co60 g-radiation sterilization comprehensively minimizes the effects of the sterilization process on the surface chemistry and consequent biocompatibility; thus, it is believed to be the optimal sterilization method for Mg-based BMs.
Concluding remarks and perspectives
What are the ideal biodegradable metal devices
The performance criteria of an ideal BM device should perfectly match the injured tissue reconstruction process in terms of providing temporary mechanical support mimicking the nearterm performance of traditional metallic implants and completely dissolve in longer time frames with an appropriate degradation rate tolerable for the human body.
For cardiovascular applications, vascular injury is common and often extensive following balloon angioplasty. The injured vessels exhibit a wound healing response that can be described in three overlapping phases: inflammation, granulation and remodeling [329] , as shown in Fig. 11 . A complete degradation is expected to occur after the vessel remodel phase which is usually completed at 90-120 d. Serruys et al. [330] observed that ''almost all lesions deteriorated to some extent by 120 days post-coronary angioplasty'' and the minimal luminal diameter tended to stabilize after the three month follow-up in 342 patients. Hence, a very slow degeneration of mechanical support is expected in the first $4 months providing sufficient support to the injured vessels. Even though experts still debate whether full mechanical support in stented lesions is mandatory during the first four months after implantation, it would certainly be wise to use this clinical opinion as a safety design parameter and a benchmark for market approval evaluations based on the fact that there is insufficient human in vivo data available especially for mechanical vessel wall properties during the healing/remodeling phase.
Bone fracture healing occurs in three stages: inflammation, repair and remodeling phases [331, 332] , as shown in Fig. 12 . During the first two to three weeks post-fracture, the soft callus forms which corresponds roughly to the time when the fragments are no longer moving freely. This early soft callus can resist compression, but show similar tensile properties to the fibrous tissue of which the ultimate tensile strength and elongation at rupture are 4-19 N m/mm 2 and 10-12.8%, respectively [332] .
Hence the mineralization of the soft callus proceeds from the fragment ends toward the center of the fracture site and forms a hard callus, which has regained enough strength and rigidity to allow low-impact exercise at the end of the repair phases [331, 332] . The time to achieve the hard bone union varies greatly according to the fracture configuration and location, status of the adjacent soft tissues, and patient characteristics (e.g. species, age, health status, concurrent injuries/diseases). According to Perkin's classification of fracture healing, a spiral fracture in the upper limb unites in three weeks and consolidates in six weeks. The fracture healing time doubles for a transverse fracture and doubles again for the lower limb. Table 9 lists a rough estimate of bone healing time for different fractures. Hence, the mechanical support should be sustained for 12-24 weeks depending on the clinical conditions.
Currently, the reported Mg alloy stents and bone implants indicate a relatively faster degeneration of mechanical properties (Tables 4 and 5 ) before/during the tissue remodeling process than expected. For example, the reported Mg-based BM stents completely degraded within four months and, thus, a much faster loss of mechanical integrity of stent would occur. In the coming future, surface coating could be used as a remedy to extend the mechanical integrity of Mg-based BM stents. In the case of Febased BM stents, they exhibit good mechanical support during four months and much slower loss of mechanical integrity of stent would occur. In the near future, research should consider how to accelerate the biodegradation.
How to use biodegradation byproducts
Biodegradation products are unavoidably formed at the BMs/ host interface until the chemical reaction of the BM with the body fluid has reached 100% completion. They should be biocompatible and biosafe to the host tissue at the minimum requirements. Subsequently, the next logical question is how to fully exploit the bio-function of the degradation products. The scientific reports on the biological functions on various typical biodegradation products of BMs (i.e. Mg ions, OH À ions, MgO particles, hydrogen, Fe particles and Fe oxide particles) might provide some useful hints on the best uses for BMs in the future. Fig. 11 . The schematic diagram of degradation behavior and the change of mechanical integrity of BM stents during the vascular healing process. Fig. 12 . The schematic diagram of degradation behavior and the change of mechanical integrity of BM implants during the bone healing process. [7, 78, 108, 194, 242] . Park et al. [333] compared the bone healing capacity of an Mg ion-incorporated porcine bone prepared with hydrothermal treatment in an alkaline Mg-containing solution in the rabbit calvarial defect with untreated porcine cancellous bone and deproteinized bovine bone. The Mg-incorporated porcine bone with surface nanostructures achieved rapid new bone formation in the osseous defects of rabbit calvarias compared with untreated xenografts of porcine and bovine origins. Recently pure Mg wires were implanted into femora in STZ-induced diabetic rats [334] . The serum Mg level and bone mineral contents increased significantly and as a result, the bone mineral density in the Mg treatment group was higher than that in the diabetic group. Besides, blood biochemical analysis indicated that Mg implants had no toxic effect on the liver and kidney functions. All of this indicated that the implantation of Mg could stimulate new bone growth and potentially has an anti-osteoporotic activity [334] . Additionally, Slutsky et al. [335] studied the effect of increasing brain Mg using Mg-L-threonate on learning and memory in rat models. Their results suggested that elevating brain Mg enhanced short-term synaptic facilitation and long-term potentiation as well as improved learning and memory functions. concentration and alkaline pH value on the in vitro growth of Escherichia coli, Pseudomonas aeruginosa and Staphylococcus aureus were evaluated [336] . It was found that: (i) as Mg metal corrodes in culture medium, the Mg 2+ concentration increases parallel to that of the OH À ; (ii) when Mg corrosion products were added to the growth media, the growth of E. coli, P. aeruginosa and S. aureus was inhibited; (iii) the addition of Mg 2+ alone will not inhibit bacterial growth; But, (iv) increasing the OH À ions (i.e. higher pH) will inhibit bacterial growth. Moreover, OH À ion might also influence bone growth in vivo. Experiments in rabbits with implanted Mg(OH) 2 cylinders have demonstrated enhanced bone remodeling adjacent to the dissolving cylinder [59] . This indicates that either local alkalinity and/or enhanced Mg ion concentration might stimulate bone growth. (3) MgO: MgO is an ideal biodegradable material to be added into the targeted tissues in nano-cryosurgery with its relatively lightweight property, excellent thermal conductivity, and specific heat. Di et al. [337] studied the temperature response and different damages to the biological tissues loaded with and without MgO nanoparticles (NPs) during the cryosurgical experiment as well as the nucleation-accelerating effect of MgO NPs. The freezing effect of the cryosurgery was highly enhanced, causing more thorough damage to in vivo biological tissues when MgO NPs were added during cryosurgery. Furthermore, this study demonstrated that MgO NPs significantly induced lower supercooling degrees when deionized water, physiological saline solution, or biological tissue suspension (in vitro) was frozen to nucleation. (4) Hydrogen: Hydrogen is a stable gas that can react with oxide radical ion ( O À ) and hydroxyl radical ( OH) in water with low reaction rate constants. Hydrogen, however, is a small molecule that can easily dissipate throughout the body and cells and therefore, the collision rates of hydrogen with other molecules are expected to be very high, which is likely to be able to overcome the low-reaction rate constants. Hydrogen is not easily dissolved in water and 100%-saturated hydrogen water contains 1.6 ppm or 0.8 mM hydrogen at room temperature. A major breakthrough in hydrogen research occurred after Ohsawa et al. reported a prominent effect of molecular hydrogen on a rat model of cerebral infarction in 2007 [338] . The effects of molecular hydrogen on various diseases have been documented for over sixty model and human diseases. Most studies have been performed on rodents including two models of Parkinson's disease and three models of Alzheimer's disease. Protective effects were observed especially in oxidative stress-mediated diseases including neonatal cerebral hypoxia; Parkinson's disease; ischemia/reperfusion of spinal cord, heart, lung, liver, kidney, and intestine; and transplantation of lung, heart, and kidney [339] . (5) Fe particles at nano-and micro-scales: Iron powders have been considered for biomedical applications such as controlled drug release (e.g. an increase in the density of the rumino-reticulum devices (RRDs) to allow the RRDs to remain in the ruminoreticulum during the time for the release of the drug). Iron powders (30-50 mm) were dispersed into poly-(e-caprolactone) and a faster release profile of levamisole was achieved [340] . Nanoscale metallic iron is a new tool for the treatment of contaminated water and soil and can effectively transform a wide array of environmental contaminants including chlorinated solvents, organochlorine pesticides, PCBs, organic dyes, and inorganic pollutants such as perchlorate, nitrate, and heavy metal ions [341, 342] . The presence of iron nanowires (Fe NWs, $50 nm in diameter), which were prepared by electrodeposition within the nanopores of anodic aluminum oxide (AAO) templates, had no significant effect on the cell proliferation and cell viability; even the HeLa cells exposed to Fe NWs at the high concentration of 10,000 per cell for 72 h still showed high cell viability of about 80% [343] . (6) [344] . Biocompatibility and saturation magnetization can be obtained for reliable/reproducible superparamagnetic iron oxide nanoparticles with optimum surface charge, shape, size, and colloidal stability. The nature of surface coatings and their subsequent geometric arrangement on the nanoparticles determine not only the overall size of the colloid but also play a significant role in biokinetics and biodistribution of nanoparticles in the body [345] . Therefore, various iron oxides may be used in composites with iron powders to enhance its biodegradation rate. This may shift the original surface chemistry techniques on iron oxides to the surface treatment of Fe-based BMs to enhance the biodegradation rate and reach a more uniform biodegradation mode.
Competition with permanent metallic materials and biodegradable polymers
BMs have shown encouraging results when used as both hard and soft tissue scaffolds, especially in comparison with the permanent metallic materials used over decades (Table 10) , including stainless steel, Ti alloys and Co-based alloys. Recently there was a prospective, randomized, clinical pilot trial [349] to determine if Mg-based BM screws are equivalent to standard titanium screws for fixation during chevron osteotomy in 26 patients with a mild hallux valgus, and six month follow-up included clinical, laboratory, and radiographic assessments revealed that they were equivalent. Out of question, there is still a long way to go for BMs to be widely used in clinical settings. The choice between degradable and non-degradable metallic devices must carefully consider many factors, such as patient age (child or adult) and personal physical condition, the type of fracture, the risk of infection, etc. Clearly, the improvement of the mechanical properties and more predictable degradation behaviors of BM devices will be helpful for broadening their use.
Several polymers already have a long history as degradable materials for biomedical and pharmaceutical applications. Resorbable sutures, for example, have been commercialized for decades before biodegradable devices for osteosynthesis were available [346] . Today, degradable polymeric devices for osteosynthesis are successful in low or mild load bearing applications. There are many biodegradable polymers that have been approved by the FDA, including LPLA, DLPLA, PGA, and PCL [347] . These polymers have been used for FDA approved products as fracture fixation pins and plates, interference screws, suture anchors, craniomaxillofacial fixation devices, and tacks for meniscal repair [346] .
BMs have been viewed as the promising alternative to biodegradable polymers for hard tissue repair. Taking the interference screws comprised of biodegradable polymers as an example, the degradation rate of polymer screws is not well controlled, with some screws showing limited degradation after three years of insertion. Additionally, polymer screws exhibit an increased occurrence of breakage upon screw insertion. Polymers that completely degrade in bone within a year or two usually exhibit poor biocompatibility, which can adversely affect osseointegration and result in bone tunnel widening. In contrast, the advantages of BM screws appear; through the use of alloying and coating, BM screws can be designed to degrade at a controllable rate. Upon degradation, the screws are replaced by native tissue, eliminating the need for additional surgeries to remove the implants. Additionally, BM has superior mechanical properties compared to polymer, resulting in a reduction of surgical complications associated with breakage. Moreover, the BM would form a weak base microenvironment around the implant instead of the acidic degradation products of polymer (e.g. PLA), which would induce strong host inflammatory reaction.
All in all, the beginning competition between permanent metallic materials and BMs is relatively low, however, it can be conjectured that the competition between BMs and biodegradable polymers might be relatively high.
Challenge and future R&D direction for BM
The successes on the clinic trails of Mg-based BMs within bone [349] and blood vessel [261] in 2013 were the important milestones on the way to push the class III BM implants into the final medical market with the official approvals such as FDA, SFDA, and CE. Currently, there are still several obstacles in the present evaluation methods preventing broad and straightforward market access to BMs. The majority of these obstacles are based on the fact that most standard tests are designed for permanent implant materials, biodegradable polymers, or ceramics (e.g. EN ISO standards). A common requirement for standardization (in compliance with the requirements of ISO or ASTM) is the availability of experimental approaches that are highly reproducible across different laboratories and companies. To achieve this level of reproducibility, specific experimental procedures and study designs for BMs need to be established in the academic and industrial world [348] .
The future research and development direction of BMs may lean toward ''multifunctional capabilities'' (e.g. providing a temporary implant material with both structure of traditional metallic biomaterials; new BM bio-function as revolutionized metallic biomaterials). The new biological functions originate from the biological and physiological function of various biodegradation products of BM in a controllable manner to benefit the local tissue reconstruction. In addition, the combination/integration with other biomaterials, especially the biodegradable ceramics and polymers with advanced techniques for materials fabrication will be a promising direction for future development of BMs. Wong et al. [350] developed a new biodegradable composite composed of polycaprolactone and magnesium. By incorporating magnesium micro-particles, the compressive moduli of the composites can be adjusted to be within the range of the human cancellous bone. In vitro studies indicate that the silane-coated Mg/PCL composites have excellent cytocompatibility and osteoblastic differentiation properties.
Besides serving as the raw materials for manufacturing the traditional passive implantable medical device, BM may have promising new opportunity as the candidate materials for fabricating active implantable medical device. A pioneer work [351] uses magnesium (Mg) for the conductors, magnesium oxide (MgO) (silicon dioxide, SiO 2 , is also possible) for the dielectrics, monocrystalline silicon (Si) nanomembranes (NMs) for the semiconductors, and silk (which is watersoluble and enzymatically degradable) for the substrate and packaging material; Mg/MgO inductors, Mg/MgO capacitor, Si/MgO/Mg transistor, Mg resistor, Mg interconnect and Mg electrode had been fabricated as the newconcept implantable transient electronic device. Inductive coils of Mg combined with resistive microheaters of doped Si NMs, integrated on silk substrates and housed in silk packages, had provided transient thermal therapy to control surgical site infections as a nonantibiotic, programmable bacteriocidal appliqué . In the future, various transient electronic components, circuits, and sensors, including simple integrated circuits and sensor arrays might be designed with BMs, and they would function for medically useful time frames but then completely disappear via resorption by the body.
In comparison to the traditional bioinert metallic biomaterials, the BM can be classified into ''bioactive'' biomaterials, and should develop toward the ''third-generation biomedical materials'' [352] . BM will play a more active role once implanted, not simply as a tissue engineering scaffold. A direct and active interaction with the host would happen for BM during its service life; the interface between the BM implant and the host always keeps a dynamic balance and the host-biodegradation-products-BM double interfaces change all the time until final biodegradation of the BM. Besides providing the mechanical support during the initial degradation stage, the continuous chemical productions of various biodegradation products will stimulate the host to response, and more importantly will help the body heal itself. The mechanical, chemical and biological interactions mix together and proceed as the functions of time and space, until one hundred percentage of the repair and regeneration of tissues.
Undoubtedly, biodegradable metals are the rising stars as the next generation of metallic biomaterials. There are still a lot of unknowns about BM and there are plenty of R&D works to commercialize BM medical devices. With the collaboration of material scientists and medical doctors, there will be more new BM candidates developed with unexpected properties, which may provide new opportunities to promote both the fundamental research and their applications. 
